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Existing sensors to monitor physical biomarkers in living tissue are rigid, bulky and often require wired 
electronic connections for power and data transfer. Recent work has established a set of design principles 
that allow for the integration of traditionally rigid sensing electronics and wiring into form factors that are 
soft, flexible and stretchable. These sensors offer qualitative improvements in patient comfort and are 
comparable, if not superior to clinical gold standard technologies. The strong, conformal mechanical 
coupling between these sensors and underlying living tissue also opens new avenues for unusual sensing 
modalities with immediate applications in clinical medicine. Devices for the continuous thermal 
characterization of living tissue represent one such opportunity and the work presented here illustrates a 
set of materials, mechanics and electronics designs required to realize fully functional sensors for 
temperature and flow mapping through biological conduits. Advanced powering and data transmission 
and powering schemes relying on near-field communication and Bluetooth protocols allow the sensors to 
be continuously worn for extended periods. Measurements of hydration in outer skin layers, cerebrospinal 
fluid flow through indwelling ventricular shunts and blood flow through peripheral nerve vasculature 
represent three use cases in dermatology, neurosurgery and neuroscience, respectively. Systematic 
benchtop and theoretical studies illustrate the high levels of functionality of these devices, and IRB 
approved studies on over 30 patients and volunteers, along with comparisons to clinical gold standards 
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Thermal characterization of soft tissue  
Living tissue is a remarkable, dynamic material capable of real-time modulation in response to external 
stimuli. Thermoregulation represents a compelling example of this adaptability. As a simple example, 
healthy human body temperatures rarely deviate from an extremely narrow temperature band between 36-
38˚C despite extreme changes in climate and metabolic activity, as enabled by rapid time-dynamic 
vascular changes[1] and sweat generation[2]. The generation of a set of metrological tools for the precise 
and quantitative thermal characterization of living tissue can therefore yield insights into underlying 
processes including the action of blood vessels and hydration changes.  Currently, clinical gold standard 
tools rely on optical[3-5] or electrical [6, 7] techniques which suffer from motion artifacts and contact 
resistances, respectively. In this work, we demonstrate a set device concepts for the fully wireless, 
multimodal thermal characterization of soft tissue. We focus on two key organ systems: skin and 
peripheral nerves. The former is the largest organ in the human body and plays a vital role in 
thermoregulation. It also acts a window to underlying biological processes. Peripheral nerves represent a 
novel biological target for thermal characterization, but with significant implications for the treatment and 
understanding of neuropathies. The measurement of blood perfusion in the latter is a key indicator of 
tissue viability.  Each of these organ systems also present unique materials challenges with sensors, with 
soft, compliant, viscoelastic materials properties that are at odds with the hard, brittle construction of 
traditional semiconductor-based sensors. We exploit recent [8]advances in materials, mechanics and 
integration strategies for soft electronics to engineer solutions to these challenging interfaces, resulting in 
highly functional sensors with immediate applications in neurosurgery, dermatology and neuroscience.  
Materials and mechanics for epidermal electronics  
Temperature sensing requires a change in the resistive, semiconducting or optical properties of a wide 
variety of materials, such as metals [9], block copolymer composites[10, 11], polyanilyine fibers, liquid 
metals, [12], carbon nanotubes (CNTs) [13], 2D materials [14, 15]  crystalline semiconducting molecules 
(e.g Pentacene [16]), silk [17] and hydrogels [18], among others. 
 This class of sensors can be further sub-divided based on materials choice. Simple, thin-film metallic 
temperature-coefficient of resistance (TCR) sensors have proven to be powerful and versatile. Webb, et. 
al [19, 20] demonstrated the utility of these sensors in making precise temperature measurements in 
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ultrathin, skin-like form factors, allowing for temperature response times of <15 ms. Gold was chosen as 
the sensor layer due to its chemical inertness and linear temperature coefficient of resistance. The TCR of 
gold is 0.0025 ohms/ohm-C, but each sensor was calibrated to account for any variations in fabrication. 
These sensors display a sensitivity of around 1 ohm/C, and the corresponding temperature resolution is 20 
mK. Additionally, they displayed no hysteresis and correlated strongly with Infrared (IR) imaging. Open-
mesh serpentine interconnects allowed for stretchable 16-sensor arrays for spatial mapping. Advanced 
thermal models allowed these sensors to serve as heat flux, and therefore, core-body temperature 
sensors[21]. The relatively low sensitivity of these devices presents a challenge for wireless data 
transmission, that requires signal amplification and conditioning electronics. To obviate the need for these 
additional device components, Yokota, et. al demonstrated the utility of composites of graphite and 
acrylate copolymers to measure temperature. Within a physiological temperature range (25˚C-50˚ C) 
these composites are designed to undergo phase change from crystalline to amorphous phases, resulting in 
a dramatic 6 order of magnitude change in resistivity. The sensitivity can be tuned by varying the 
concentration of the filler material in the copolymer matrix, and in vivo experiments demonstrate the 
utility of these sensors. However, these devices suffer from relatively poor cycling behavior, and are 
highly nonlinear in their response.  
Semiconducting elements represent an attractive option for large arrays of temperature sensors due their 
ability to be actively addressed, thereby lowering the number of connections required. Multiple 
embodiments have shown the utility of P-I-N diodes as temperature sensors due to the strong dependence 
of their turn-on voltage on temperature [20, 22]. I have also demonstrated the applicability of such an 
approach to implantable thermal mapping (Chapter 6). While many approaches have relied on strain 
engineering to minimize strain effects on resistivity [19], recent work by Zhu, et. al[23] has extended 
developments in intrinsically stretchable semiconductors to demonstrate the utility of thin-film-transistors 
(TFTs) with a differential voltage readout scheme that allows for the rejection of signals associated with 
strain. Here, semiconducting single wall carbon nanotubes (SWCNTs) form the channel, while unsorted 
CNTs form the source and drain electrodes. Laminating these sensors onto a hydrogenated SEBS 
elastomer allowed for system-level stretchability, with efficient strain filtering.  
Optical sensors based on thermochromic materials represent pathways for highly sensitive, completely 
passive, wireless sensors. Gao, et. al[24] demonstrated the utility of thermochromic liquid crystals in an 
epidermal form factor (e-TLCs). Commercially available TLC dots were transfer printed onto black 
PDMS, and interspersed with pigmented, fixed-color dots for calibration. The overall thickness of these 
devices was <50 um, resulting in low thermal masses. Changes in underlying skin temperature resulted in 
subtle changes in the color of the TLCs, which could be captured and recorded via a simple camera and 
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image processing algorithms. The resulting temperature resolution was <50 mK, which was enough to 
image vasculature underneath the skin. The addition of a passive heating coil allowed for wireless power 
transfer, and the combination of thermal actuation and spatial temperature mapping capabilities of the 
device, allowed for precise, wireless measurements of the thermal transport properties of the underlying 
skin.  
Broadly, the thermal transport properties of the near-surface layers of skin (~6 mm) depend on the degree 
of hydration and vascularization of the tissue, in addition to the presence of near surface macrovessels or 
catheters. As such, thermal characterization represents a step beyond passive temperature sensing. Here, 
the integration of miniaturized sensing and actuation elements allows for the dynamic mapping of near-
surface thermal transport in a manner that can be correlated to epidermal hydration status, vascularization 
and the presence of near surface flow through a range of biological conduits. Each of these can be 
measured by tuning the sensing depth of the wearable device, by modulating geometry, time or both. 
Historically, thermodilution as a technique to measure venous flow through the heart was first invented in 
1972, by William Ganz and H.J.C Swan, and forms the foundation of the now-ubiquitous Swan-Ganz 
catheter[25, 26]. These techniques were also expanded to skin based sensing, but with limited success[27-
31], likely owing the bulky, high-thermal mass embodiment of the sensors deployed in these studies. 
Applications to skin hydration have also been limited, owing to considerations in power and form 
factor[32].  
Recent work from this group has demonstrated the potential for sensors with an ultrathin, compliant 
construction and low thermal mass to yield a qualitative improvement over these sensing modalities[20, 
33, 34]. Here, I build on these approaches to realize fully wireless wearable and implantable sensors with 
applications in clinical medicine, neuroscience research and commercial technologies.  
Integration strategies for wireless power harvesting and data transfer 
Wireless power harvesting and data transmission are critical to successfully translating the above 
materials innovations from research laboratories to clinics and homes. In addition to advanced electronics 
designs, wireless embodiments rely on further materials innovations to maintain their skin-compliant, 
conformal form factor. Two examples illustrate this.  
Near-field communication (NFC) technologies are ubiquitous in consumer devices, used in wireless 
payments, identification tags and military equipment. NFC compatibility has become a standard feature of 
most smartphones, which allows for seamless data transmission and powering from an interface that with 
almost 50% penetration globally[35].  The proximity of a smartphone to most commercial NFC devices 
mitigates the need for onboard memory and storage capabilities, with devices relying instead on wireless 
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data transfer via ISO 18000-3 protocols at data rates (424 Kbps) that are acceptable for many healthcare 
applications[36-38]. However, the rigid, planar construction of conventional NFC coils frustrates 
integration with the human body. A set of advances in stretchable antennae that rely on a range of 
materials from serpentine thin-film copper traces[37] to laser cut flexible circuit board materials[39] and 
liquid metals [40] have opened up new opportunities for integration with thin-film sensing elements. 
Importantly, NFC communication and power harvesting bands are centered at 13.56 MHz, a frequency 
that is minimally absorbed by biological tissue. The key limitation of existing NFC technologies is their 
operational range, which is limited to several cm in the case of large primary coils, and a few mm in cases 
with smaller primary coils such as commercial smartphones.  
Bluetooth low energy (BLE) system on chip (SoC) offers an alternative and have become ubiquitous in 
wearable technologies. These technologies offer advanced capabilities including several analog-to-digital 
converters (ADCs) for high quality (>/=12-bit) data readout, high clock speeds, general purpose 
input/output (GPIO) pins for interfacing with peripherals, on-board memory and long-range (~15 m) data 
transmission capabilities. Advanced, multimodal sensors with high data rates for use in far-field 
communication demand the use of these technologies, but with a disadvantage in power and size, often 
(as in Chapter 4) requiring the use of an on-board battery. Recent integration approaches have combined 
serpentine mechanics and strain isolation layers to yield stretchable, battery-powered BLE based devices 
for multimodal health sensing applications[41]. This technology also represents a commercial success, 
with an advanced design relying on the same fundamental mechanics recently acquiring 510(k) clearance 
from the federal food and drug administration for cardiac monitoring[42].  
In this work, I demonstrate the feasibility of both above technologies for a diverse range of thermal 
characterization applications. For sensors with clear applications in commercial technologies (Chapter 3), 
I have used NFC power harvesting and data transfer protocols. In applications that demand high-fidelity, 
long-range measurements (Chapter 4) with deployment in a clinical healthcare setting, BLE, powered by 
an onboard battery, proved to be the more attractive option. In both cases, we demonstrate a novel 
integration scheme, wherein a collection of electronics associated with wireless data acquisition and 
power harvesting are mounted on a flexible circuit board substrate (flexural rigidity, EI ~ 4 x10-6 N-m2  ) 
while ultrathin (~100 nm) sensing elements are mounted on soft, stretchable silicone sheets (EI ~ 7x10-11 
N-m2), representing a five order of magnitude difference in mechanical properties. In this manner, the 
sensing elements are soft, skin compliant and exploit the advantages of their low thermal masses, while 
the electronics components are robust, with sufficiently low-resistance NFC harvesting coils, as in 
Chapter 3.  
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As a final demonstration, I combine NFC powering strategies with BLE data transmission (Chapter 6) in 
the context of implantable sensors for thermal characterization at the site of peripheral nerves. This is 
particularly attractive for implants, affording the advantages of BLE (long-range, high fidelity data 
transmission), but in a fully battery-free format that does not require recharging. While recent work from 
my group has demonstrated the effectiveness of such an approach [43], these results represent the first 
application of this integration scheme to thermal characterization, to my knowledge.  
Summary  
Combined, this work represents what I hope is a complete set of materials and mechanical designs for the 
construction of highly functional wireless tools for the thermal characterization of soft tissue.  
In Chapter 2, we focus on multimodal skin characterization with a focus on hydration. Benchtop and 
theoretical studies explore the effects of volumetric water content in the outer layers of skin, and studies 
on 20-patients provide clinical validation.  
In Chapter 3, we demonstrate fully wireless, battery-free skin-mounted sensors for the measurement of 
hydration, blood perfusion and temperature on skin. Additionally, we provide a set of designs and 
strategies for wireless power harvesting and communication via NFC.  
In Chapter 4, we demonstrate a clinically focused flow sensor to evaluate ventricular shunt patency in 
patients with hydrocephalus. The skin mounted sensor demonstrated here relies on thermal actuation and 
arrays of temperature sensing elements for thermal mapping. Advanced embodiments integrate BLE data 
transmission schemes with power from a small, on-board battery. IRB-approved studies on 5 patients 
with ventricular shunts demonstrate the sensor’s performance in a clinical setting.  
In Chapter 5, we adapt the platforms in chapter 4 to be entirely aligned with fully outsourced 
manufacturing while maintaining high levels of functionality. We use a set of processing schemes to 
ensure a soft, non-irritating interface to skin with the ability to make extended measurements to monitor 
shunt function. A second IRB-approved study on 5-patients validates this embodiment, suggesting ready 
translation to quality-controlled manufacture and deployment.  
In Chapter 6, we demonstrate thermal flow sensors for time-dynamic blood flow measurements at the site 
of a peripheral nerve, integrated into a cuff form factor. We also demonstrate ready expansion to 
advanced sensing features that integrates collections of electronic, optoelectronic and semiconducting 
elements. Wireless power transmission via NFC and data transmission via BLE suggests a promising 
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MULTIMODAL EPIDERMAL DEVICES FOR HYDRATION MONITORING 
This chapter was first published as “Multimodal epidermal devices for hydration monitoring”, by S. 
Krishnan, Y. Shi, R.C Webb, Y. Ma, P. Bastin, K.E Crawford, A. Wang, X. Feng, M. Manco, J. 
Kurniawan, E. Tir. Y. Huang and J.A Rogers in Microsystems and Nanoengineering 3, 17014 (2017), 
and is reproduced here with permission. The FEA models presented here were obtained in close 
collaboration with theorists and are included to understand the experimental data.  
2.1 INTRODUCTION 
Skin, the largest organ of the human body, is critical to many physiological processes. The skin also 
serves as a diffusion barrier[1], both to block penetration of undesired pathogens[2], and to prevent 
excessive transepidermal water loss[3]. The outermost part of skin, the stratum corneum, and the 
immediate underlying tissue, the epidermis, consist of layered collections of avascular, keratinized cells, 
in an extracellular lipid matrix[4-7]. Structurally, unbound, ‘free’ water that easily diffuses through skin 
layers, and molecularly ‘bound’ water that is largely confined to its bonding sites[8] in the stratum 
corneum are essential to its barrier function.  Improper hydration can lead to eczema and accelerated 
aging of the skin, and to adverse effects on appearance.  
Traditional sensors of skin hydration rely on capacitive or impedance-based methodologies in which 
mechanical force establishes contact to rigid measurement electrodes[9, 10]. The most commonly used 
tool for making such measurements, the corneometer (Courage+Khazaka electronic GmbH), relies on 
capacitive sensing based on concentric ring electrodes (circular inner electrode ~5 mm diameter, annular 
outer electrode ~9 mm ID, ~22 mm OD[10]), with typical operating frequencies in the MHz range.  The 
applied pressure that is necessary to form the electrical interface with such an instrument also compresses 
and deforms the skin, thereby altering its hydration characteristics and capacitive properties. As a result, 
reliable measurements demand the use of precisely calibrated contact pressures.  Even with such 
approaches, reproducibility can be a challenge[10].  Other important limitations include an inability to 
evaluate sensitive parts of the body, such as the face, and to allow continuous monitoring, either in a 
clinic or a home setting.  
Here, we describe recent advances in multimodal sensors of skin hydration, via measurements of intrinsic 
thermal and electrical properties, in which advanced materials, mechanics and concepts render devices 
that have soft, ‘skin-like’, or ‘epidermal’, formats[11-20].  The thin geometries and compliant mechanics 
lead to a mode of integration with the skin that does not require application of pressure, and instead relies 
on van der Waals adhesion forces alone.  The device and measurement interface are mechanically 
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imperceptible to the user, and therefore compatible for evaluation on any part of the body, in a manner 
that obviates the need for pressure sensing and offers potential for use in continuous, long-term 
recordings.  The results outlined in the following extend our previously reported platforms for this 
purpose by (1) integrating both thermal and electrical characterization capabilities into a single 
measurement system, (2) introducing simple algorithms for extracting a full complement of intrinsic 
thermal and electrical properties from the measurement data, with good quantitative correspondence to 
simple models of the skin and (3) applying the technology in a comprehensive clinical trial, with 20 
patients and a variety of skin stimuli, for validation and comparison against clinical standard tools, i.e. 
corneometers.  The findings establish the design considerations, the analysis approaches and the 
capabilities of this technology for use in scenarios ranging from bedside hospital care, to clinical 
evaluation and study, to at-home diagnostics.  
The thermal[21, 22] and electrical properties[23] of skin both depend strongly on water content, but for 
different reasons.  Consequently, devices that offer, in a single platform, capabilities for measuring both 
the thermal and the electrical characteristics of the skin provide improved insights into the state of 
hydration. In general, thermal transport techniques probe[15, 24] the flow of heat deep into the epidermis.  
Here, the response changes with hydration simply because the thermal properties of water are different 
than those of the tissue itself.  By contrast, measurements of electrical impedance involve currents that 
can localize primarily to the stratum corneum[25], where the high frequency dielectric characteristics of 
free and bound water affect the results in a way that correlates to overall hydration level.  In both cases, 
various key parameters such as device geometry, measurement power and frequency, determine the 
characteristics of the measurement, including the depth sensitivity.  
The results presented here build on our previously reported epidermal devices for thermal and electrical 
measurements of the skin.  The advances are in device configurations, approaches for data analysis, 
effective medium models for hydrated skin, and parameter extraction and clinical validation.  Thermal 
and electrical modalities exist in a single platform, as in Fig. 2. 1a-d, where a collection of individual 
sensing elements function as thermal sensors/actuators and as impedance electrodes.  Switching between 
the two modalities occurs by simple multiplexed control by the user for small arrays, or by a 
microcontroller for large arrays.  Operation involves external electronics and wired connections.  
The geometries of the impedance electrodes, which we refer to as epidermal impedance sensors (EIS), 
and their optimization for hydration measurement appear elsewhere[26]. The thermal sensors, which we 
refer to here as epidermal transient plane source (ETPS) sensors, with appropriate data analysis 
algorithms, can simultaneously determine thermal conductivity (k) and diffusivity (α), and, through the 
ratio of these two quantities, the volumetric heat capacity (ρCp).  Systematic in-vitro studies, including 
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comparisons to results of differential scanning calorimetry (DSC) and separate literature reports for a 
range of materials validate the measurement capabilities and the analysis approach. Finite element models 
establish measurement depths for both thermal and electrical modalities, for a range of skin hydration 
levels. A trial involving 20 patients provides statistically meaningful evidence for the suitability of these 
device platforms for use in a hospital or clinical settings, supported by comparisons to existing state-of-
the-art reference measurements.  
2.2 MATERIALS AND METHODS 
Fabrication of Integrated Sensors  
Fig 1a shows an exploded view schematic illustration of the device. The thermal sensors consist of 
resistive elements that serve as thermal actuators, via Joule heating, and simultaneously as temperature 
sensors, via the coefficient of resistance (TCR) of the metal.  The EIS elements consist of concentric ring-
electrodes capable of injecting alternating current into the skin, through the physical contact interface.  
Thin layers of polyimide insulate all of the metal structures in the ETPS components, and the interconnect 
wiring for the EIS elements.  Photolithography defines the geometries with submicron precision.  Open 
mesh layouts, combined with thin elastomer substrates (50 μm silicone; Ecoflex, Smooth-On Inc., 
Macungie, PA) yield soft, ‘epidermal’ mechanics, based on design principles well established by the 
stretchable electronics community[12, 27-32].  Connections to external data-acquisition and powering 
electronics use thin ribbon wiring based on anisotropically conducting film (ACF; Elform, USA), 
thermally bonded to exposed pads located at the periphery of the device.  
Fabrication and design details appear in the SI.  Briefly, the processing involves first spin-casting and 
curing a sacrificial layer of (poly)methyl-methacrylate (PMMA, 500 nm thick) (Microchem, 
Westborough, MA) onto a clean 300 mm silicon wafer. A film of polyimide (PI 2545, Parlin, NJ, 1.2μm 
thick) spin-cast and cured on top of this layer forms the bottom side of the encapsulating film. The ETPS 
and EIS, respectively, layers consist of thin-film, metallic elements. Both sets of sensing elements use a 
bilayer of Cr (10 nm) / Au(100 nm) deposited by electron beam evaporation and patterned by 
photolithography.  A multilayer of Ti (20 nm) / Cu(550 nm) / Ti(20 nm) / Au(25 nm), deposited and 
patterned in a similar fashion, defines the interconnect layer in an open-mesh serpentine layout that 
provides stretchable mechanics when mounted on an elastomer substrate.  A second layer of PI layer 
forms the top encapsulating film.  Immersing the wafer in warm acetone dissolves the PMMA, thereby 
releasing the devices. Retrieval using a Polyvinyl Alcohol (PVA)-based water soluble tape (3M, 
Minneapolis, MN) followed by deposition of a thin layer of SiO2 facilitates adhesive bonding to a thin 
(50μm) silicone-based substrate (Ecoflex, Smooth-On Inc., Macungie, PA).  Removing the PVA by 
immersion in warm water completes the fabrication.  
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In Vitro Studies of Hydration  
Studies involved porcine skin from the stomach region, acquired in frozen form.  Thawing the tissue at 
room temperature for ~12 hours and paring away the underlying fat layers using a scraping knife prepared 
samples (25 mm x 25 mmx 5mm) for testing.  Soaking in a bath of phosphate buffered saline (pH = 7.4) 
led to gradual uptake of water. The epidermal sensors and an analytical balance allowed measurements of 
thermal characteristics and the mass, respectively, of samples removed from the bath at several time 
points.  Each evaluation involved three measurements from three separate sensors, for a total of 9 
measurements.  The error bars in Fig. 2 c-f represent the full range of these data.  The process of fitting 
the data to determine the thermal conductivity and diffusivity involved a custom algorithm (MATLAB, 
Mathworks, USA) based on the solution to the heat diffusion equation for a transient plane source.   
Simulation of Thermal and Electrical Fields 
Finite Element Analysis (FEA): Computational studies of the thermal and electrical responses relied on 
commercial software from ABAQUS[9] and COMSOL[10], respectively.  For the former, the 
encapsulation layer (Ecoflex), skin and heater used axisymmetric heat transfer elements (DCAX4).  For 
the latter, the encapsulation layer (Ecoflex), skin and capacitor used axisymmetric electrical current 
elements. 
Clinical Protocol  
The cohort of patients consisted of 20 healthy, female volunteers recruited by Stephens & Associates 
(TX, USA). Approval by Stephens & Associates, IRB: Protocol No. C15-D088 (ACR-THERM-1515), 
with skin photo type II-IV according to the Fitzpatrick scale and intact, healthy skin in the forearm region.  
Two groups involved individuals with ages of 18-30 years and 50-60 years. Four demarcated locations, 
each 25 mm x 25 mm on the volar forearm, labeled A, B, C, D served as the focus of the measurements. 
Location A involved an occlusive patch applied for 30 minutes, to prevent transdermal water-loss. 
Locations B, C and D, involved 20 mg of moisturizing lotions with glycerine concentrations of 0%, 15% 
and 30%, respectively, applied in a randomized manner. The treatments followed a double-blind 
procedure. Data consisted of recordings before, immediately after, and at 30, 60 and 270 minutes after 
application of the compound. A final measurement (300 minutes after initial application) on these same 
regions followed immediately after thorough cleaning and drying with an absorbent pad. At each 
measurement time, the epidermal devices yielded thermal and impedance data.  A corneometer probe 
(Cutometer MPA 580; Courage+Khazaka GmbH) yielded hydration levels, captured in three sequential 
measurements. Additional standard sensors (Tewameter TM 300; Courage+Khazaka GmbH) provided 
data on transepidermal water loss. Thermal transport data included transient temperature responses from 
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14 individual thermal actuator/sensor elements, each sequentially activated with input power of 7 
mW/mm2 for 2 s using custom data acquisition electronics.  Descriptions of curve fitting procedures 
appear in supplemental note S2.  Impedance data corresponded to measurements with an AC voltage 
applied to the concentric ring electrodes (2V, peak-to-peak) at frequencies between 10 kHz to 1.2 MHz, 
using a microcontroller (AD 5988 EBZ, Analog Instruments). 
Differential Scanning Calorimetry for Specific Heat Capacity 
Under a constant heating rate, β, in a DSC instrument, the deviation of the temperature of the sample 
relative to a reference h, defines the specific heat capacity, Cp, according to 𝐶𝑝 = ℎ/(𝐵𝛽)[33], where B is 
a calibration factor determined from analysis of an established test material. The materials measured in 
Figs. 2d-e were inserted into hermetically sealed 25 mg Aluminum pans in a DSC instrument [TA 
Instruments, Q100], and heated at a rate of 5˚C/min from room temperature to 150˚C.  Measurements on 
sapphire determined the value of B. Representative DSC scans appear in Fig. A4.  
Statistical Analysis 
Scatterplot matrices of the descriptors as a function of time reveal pairwise relationships (Fig. A5).Box 
plot representations (Fig. A6) illustrate, for the different descriptors, raw responses and changes 
associated with treatments using creams with various glycerin content.  Values corresponding to areas 
under the curves (AUC) (Fig. A7) summarize individual profiles, and appear for different glycerin content 
using density plots. All statistical analyses used SAS software release 9.3, SAS Institute Inc., Cary, NC, 
USA, and JMP statistical software release 10.0 (JMP is a trademark of SAS Institute). 
 
2.3 RESULTS AND DISCUSSION 
Epidermal thermal transport properties and their relationship with hydration 
The transient, spatially averaged change in temperature across an ETPS element with circular geometry 
on a semi-infinite medium, when effects of convection and the detailed multilayer construction of the 
device are ignored, can be written[24] as: 




𝐷(𝜏)                          (2.1) 
Where P0 is the total applied power, a is the radius of the element, k is the thermal conductivity of the 
semi-infinite medium and D(τ)  is given by  
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(2.2)                               
where τ is a dimensionless measure of time according to  
𝜏 =  √𝑡𝛼/𝑎2                                                                       
(2.3) 
where α is the thermal diffusivity of the semi-infinite medium, t is time and Io is the second order Bessel 
function. In this way, both the thermal conductivity and the diffusivity influence the transient thermal 
response of each ETPS element. The characteristic diffusion length is[24]: 
𝛬 =  𝛱√𝛼𝑡          (2.4) 
where Π is a dimensionless factor on the order of unity. For a typical measurement time of 2 s, and a 
thermal diffusivity of 0.1 mm2/s, Λ is ~450 μm. Because the total thickness of the device is 50 μm, these 
results suggests that the individual layers in the overall construction can be treated as a single, effective 
thermal medium. Calibration using materials with known values of k (water, ethylene glycol) determines 
an effective measurement radius, a, that accounts for simplifications associated with assumptions used in 
this model. The radius determined in this manner is ~254 μm, approximately half of the true radius of the 
sensor (500 μm), is consistent with previous versions of related sensors[34].  D(τ), computed for a 
relevant range of τ, and a representative experimental data set with its corresponding fit appear in 
supplemental figure S5.  
For ease of processing large quantities of data such as those obtained in clinical trials described 
subsequently, a simplified analytical expression[15] can be useful,  






)                (2.5) 
where A1 and A2 are constants selected to account for the layered device geometry, the effect of device 
edges, convective heat transport, and the distribution of temperature across the area of the element. The 
values correspond to those that yield the best match between experimental measurements on materials 
with known thermal properties similar to skin (water, ethylene glycol) and simulations based on (4). The 
approximately linear dependence of k on water content[35] makes this quantity useful in determining 
hydration levels, as examined in detail below.  
As an illustration of the thermal physics, infrared (IR) thermography results in Figs. 2.2a-b reveal the 
distributions of temperature associated with operation of an isolated thermal actuator on hydrated (90% 
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saline solution by weight) and dried (30% saline solution by weight) porcine skin, respectively.  The 
hydration level clearly has a strong effect on the thermal behaviors.  Water in the outer layers of the 
epidermis can broadly be divided into tightly bound ‘primary’ water, less tightly bound ‘secondary’ water 
and completely unbound ‘free’ water[8]. Secondary water, as the main source of water in the epidermis 
(typically around 35 mg/100mg of dry skin), most strongly influences its thermal properties, as well as its 
electrical conductivity and dielectric permittivity. An increase in secondary water content increases k, and 
thereby reduces the temperature throughout the duration of the measurement, and decreases the 
temperature gradients across and beyond the boundaries of the device. We note that although we did not 
observe any significant dependence of the adhesion strength on skin hydration state, specialized substrates 
can be useful to maintain adhesion during vigorous sweating[11] 
Values of k obtained by fitting data collected from a porcine skin-sample using Eq. (1), across a range of 
relative hydration levels, are in Fig. 2 2c (red). Here, 100% corresponds to the fully wet state, defined as 
the point at which further soaking does not change the weight of the sample. The error bars correspond to 
the full range of variations observed across four different sensors at different locations of a single sample, 
and also across three measurements performed with each of these sensors.  Location-to-location variations 
are much larger than those associated with repeated measurements at a single location with a single 
sensor. Overall, increases in k correlate to decreases in the temperature rise, as expected intuitively. The 
temperatures recorded at each element 2 s after thermal actuation appear in Fig. 2.2c (blue), with error 
bars computed the same way as above.  
Fig. 2.2d. shows the thermal diffusivity, α, extracted in a similar manner. The error bars are larger, in a 
fractional sense, for α than for k, as a result of the relatively low sensitivity of the thermal response to the 
former. Thermal diffusivity does not vary in a linear fashion with hydration because of its dual-
dependence on k and  Cp. For hydration levels across a range that corresponds to healthy, living tissue, α 
varies by only a modest amount. Extreme decreases in hydration can, however, cause large decreases in 
this parameter.  
Values for ρ Cp determined from k/α for three distinct hydration regimes, are in Fig. 2. 2e. Comparisons 
against values obtained by DSC indicate good agreement. The relatively low variation of ρ Cp with 
hydration level (typically ~20%, between ~900 Kg/m3 for dry skin and 1100 Kg/m3 for hydrated skin) 
allows variations in ρ Cp to be equated with those in Cp. Further studies involving a range of test 
materials, as shown in Fig. 2. 2f, suggest the utility of the ETPS sensor as a type of skin-integrated DSC 
for in-vivo measurements. Transient temperature rise curves corresponding to the ETPS data shown in 
Fig. 2. 2f appear in Fig. 2. S1c. 
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The volume of skin under experimental investigation includes the hardened, keratinized stratum corneum 
and underlying layers of squamified epithelial cells that make up the majority of the epidermis. These 
different types of cells have different densities, heat capacities and thermal conductivities, with gradual 
transitions between layers.  To gain some insight into some of the trends in ρ Cp, k and α with hydration, 
this complex structure can be approximated using simple effective medium models [36] in which the 
epidermis with secondary water corresponds to a periodic array of square cells of side length d , each of 
which consists of a matrix of dry skin with a certain volume fraction of water, xcell (0<xcell<1, where 0 is 
entirely dry skin, 1 is pure water). Two standard structures (Figs. 2.3a-b), well-established by previous 
reports[36], can be considered. The first structure models water as a cylinder inside a square matrix of dry 
skin (Fig. 2. 3a), with a maximum geometrically allowed fill-factor of 78%. The translational symmetry 
of this system in the direction parallel to the cylinder allows for a simple 2D approximation. The second 
structure models water as a spherical droplet inside a square matrix of dry skin (Fig. 2. 3b), with a 
maximum geometrically allowed fill factor of 50%, and requires a full 3D treatment. This range 
encompasses that of secondary water that naturally occurs in the outer epidermis (~35-50% of the outer 
epidermis by weight), as reported elsewhere[8]. For computations, d = 1 mm, and periodic repetition of 
this unit cell approximates the bulk, effective material. For heat, Qcell, introduced into this cell, with 




          (2.6) 
where Vcell is the volume of the cell and T cell is the steady-state change in temperature. FEA can capture 
values of T cell as a function of xcell, in both the 2D and 3D cases outlined above. These results, along 
with Eq. (6), define the dependence of 𝜌𝐶𝑝on x, which agrees with a simple rule of mixtures, (ρ and Cp 
are computed using the rule of mixtures appear in Fig. 2. 3c), in both the 2D and 3D cases for each 
quantity, as shown in Fig. 2. 3d. Here, the values of Cp for water and the dry skin matrix are 4200 J/Kg-K 
and 1500 J/Kg-K, respectively, and the corresponding densities are 1000 Kg/m3 and 900 Kg/m3.  As 
expected, ρCp, for the 2D and 3D models are the same.  
To calculate kcell, we consider opposite edges of the cell fixed at 1T =0K and 2T =1K. For a heat flux of 









                      (2.7) 
FEA results yield values of ?̇?cell for each value of xcell, thereby allowing calculation of the dependence of 
kcell on xcell via Eq. (7).  The results, which appear in Fig. 2. 3e for the 2D (black curve) and 3D cases (red 
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curve), indicate a slightly nonlinear dependence of k with x for the full range of x, but which can be 
treated with a linear approximation for narrower ranges of xcell (e.g., 0<xcell<50%), relevant to 
physiological conditions.  Analytical variations of kcell with xcell using a rule of mixtures, for different 
geometries, appear in Fig. 2. S6.  Two extreme cases, modeled by the rule of mixtures and inverse rule of 
mixtures, bound these numerical results, as an independent validation.  
The ratio of k to 𝜌𝐶𝑝 defines the thermal diffusivity, α. The functional dependence of α on x, determined 
in this manner, appears in Fig. 2. 3f, for both the 2D and 3D cases. The slope, dα/dx, results from 




                                                                          (2.8) 
Using the rule of mixtures approximation, ρ(x) can be written as  
𝜌(𝑥) = 900 + 100𝑥           (2.9) 
where 900 Kg/m3 is the density of dry skin and 1000 Kg/m3 is the density of water. Similarly, to a very 
good approximation[37], Cp(x) can be written as 
𝐶𝑝(𝑥) = 1500 + 2700𝑥                   (2.10) 
where 1500 J/Kg-K is Cp for dry skin and 4200 J/Kg-K is Cp for water. Graphical representations of these 




= 100(1500 + 2700𝑥) + 2700(900 + 100𝑥)                 (2.11) 







= 2700), respectively.  In the limit where x = 0, 
 
    
𝑑𝜌𝐶𝑝
𝑑𝑥
= 100(1500) + 2700(900) = (1.5 × 104) + (2.43 × 106)                 (2.12) 
Similarly, in the limit x = 1,  
𝑑𝜌𝐶𝑝
𝑑𝑥




In both of these extremes, changes in ρCP are dominated by changes in Cp, by two and one order of 







, where ?̅? is a constant, averaged value. A representative case, in which ?̅? is constant at 950 
Kg/m3 appears in Fig. 2. 3d (red curve), closely follows the FEA-computed curves (blue and pink 












2                                             (2.14) 
This expression indicates that, unlike k, α does not necessarily vary in a monotonic fashion with 






 , and therefore 
𝑑𝛼
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  and 
𝑑𝛼
𝑑𝑥
> 0. As 
described subsequently, our clinical data suggest that 
𝑑𝛼
𝑑𝑥
< 0 throughout the range of hydration levels 
and patients examined  
The values of ρ, Cp and k used above are from literature sources and, in some cases, from independent 
measurements.  The densities of dried porcine skin samples (n=4, dried in a desiccator for 1 week 
until no weight change was observed) determined using a graded cylinder of water and an analytical 
balance are 900∓30 Kg/m3. For skin hydration across a physiological range (~35-50% of secondary 
water in the outer epidermis[8]) the density increases monotonically with hydration from 900 Kg/m3 
for dry skin to ~1020-1150 Kg/m3 (depending on body location)[38, 39]. Measurements by DSC on 
dried porcine skin yield a dry-skin value of Cp of 1500 J/Kg-K.  The corresponding value for pure 
water is 4184 J/Kg-K, and typically reported values for skin are ~3500 J/Kg-K[40], with a monotonic, 
linear increase with increased hydration levels. Literature reports suggest that the thermal 
conductivity, k, of dried skin is ~0.2 W/m-K[35].  The thermal conductivity of water is 0.6 W/m-
K[41] and typical values for healthy skin are ~0.3-0.5 W/m-K[15, 21]. These results also suggest a 
monotonic increase in k with x. The non-linear rate of increase illustrated in the computations of Fig. 
2. 3d is consistent with previous experimental findings[15, 21, 22, 35, 42], but a linear approximation 
is frequently invoked for the range of clinically relevant hydration levels. For example, in the linear 
fit shown in Fig. 2. 2c (red line), R2=0.97 and the measured values of k are within 3% of linearly 
fitted values. The values of k, ρ and Cp for dry skin and water listed above define the limits where x = 




Depth of Measurement: 
Magnetic resonance imaging studies suggest that changes in epidermal hydration profiles typically 
associated with topical application of compounds occur to a depth of ~300 μm [43]. Finite element 
analysis shows that the penetration depth of the thermal signal from an individual ETPS element for 
dehydrated and hydrated skin (Figs. 2.4a-b) is comparable to this value.  In these models, the device 
consists of a heater with radius 0.5mm (100nm Au, as in the inset of Figure 1b), encapsulated by two 
layers of Ecoflex (50 μm at top and 10 μm at bottom, thermal conductivity 0.15W/mK, and thermal 
diffusivity 0.091mm2/s [1], air convection coefficient of 10 Wm-2K-1, total heating power of 3.7mW) 
mounted on skin (k=0.08W/mK, α=0.045mm2/s and 0.6W/mK and 0.136mm2/s for dehydrated and 
hydrated skin, respectively [3, 4]). The majority of the thermal response occurs in a region between 0 and 
400 μm below the surface of the skin, spatially coincident with changes expected from application of 
lotions. Simply soaking the skin in water results in a different hydration profile[43], with the majority of 
the change concentrated in the most superficial layers of skin (<50 μm below skin surface). Finite element 
analysis of an individual EIS element (thickness = 100 nm) for dehydrated (permittivity 1133.6, and 
conductivity 2.04×10-4S/m [8]) and hydrated (permittivity 29010 and conductivity 2.93×10-3S/m[8]) skin, 
with a backing layer of ecoflex (50 μm, permittivity 2.5[6] and conductivity 1×10-13S/m[7]), 10 kHz 
frequency and 2V potential difference between the concentric electrode elements[20] appear in Figs. 2.4c-
d.  Here, the electric field concentrates in a region between 0 and 50 μm below the surface of the skin.  
These findings support the utility of multimodal characterization capabilities.  Additionally, the 
measurement depth of both types of sensors changes with their overall dimensions. For an ETPS sensor, 
increasing the size reduces edge effects and in-plane heat dissipation, thereby facilitating measurements 
into the depth of the skin. For an EIS element, the measurement depth is equal to roughly half of the 
spacing between the concentric electrodes[25, 44, 45].  
 
Uncertainty and Precision of Fitting Models 
In general, the fitting process yields uncertainties in k that are significantly lower than those in α[24]. 
Calculation results in Fig. 2. 5 reveal the sensitivity of computed results on these two parameters, 
corresponding to the case of representative data from porcine skin.  The study involves systematically 
increasing/decreasing the best-fit value of α (0.10 mm2/s) by ∓ 5%, ∓10% and ∓15%, fixing this value 
and refitting the data while allowing only k to change. Increasing α by 5% results in a 1% increase in k, 
with similarly small increases in k for 10% (1.7% rise in k) and 15% (3.2% rise in k) increments in α. 
Decreasing α by 5%, (1.3% decrease in k), 10% (3% decrease in k) and 15% (3.9% decrease in k) yields 
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similar results. Additionally, the quality of the fit does not change significantly for values of α in this 
range, as in Fig. 2. 5a. By comparison, the results depend strongly on k. Fig. 2. 5b shows outcomes from a 
sensitivity study similar to that described above, but in which k varies systematically, and the refitting 
involves changes only in α. Increases of 5%, 10% 15% in k  yield increases of 16%, 45% and 87% in α, 
respectively. Similar results are obtained for decreases in k.  This increased sensitivity to k is also 
apparent from visual inspection of Fig. 2. 5b. These functional dependencies can be summarized in the 
error maps and surfaces in Figs. 2.5e-f.  Here, the error corresponds to the sum of the squares of the 
differences between the computed and experimental temperature values for measurements from a 
representative porcine skin sample. A large number (nearly one thousand) of combinations of values of k 
and α encompass a range of ∓15% from the best-fit values for each parameter. The strongly elliptical 
shape of the error map with major axes largely aligned with the α axis, is consistent with the fitting results 
described above.    
Consistent with the effective medium model, k displays a linear relationship with hydration.  This 
dependence, together with the strong sensitivity of the thermal response to k, makes it a good choice for 
determining hydration. Small variations in the transient thermal response, such as those within the range 
captured in Fig. 2. S7, result in similar variations in thermal conductivity. Comparison to characteristic 
features of the transient thermal response curve, such as the temperature at a fixed time interval (in this 
case, 2s) after the beginning of the actuation, as shown in Fig. 2. 2c, shows variations that are comparable 
those observed in k, suggesting minimum variability introduced by the fitting procedure. By contrast, α 
varies in a non-linear fashion with hydration, and small variations in the transient thermal response curve 
result in much larger variations in computed values of α. In this sense, α has greater utility in capturing, 
with k, ρCp than it does in determining hydration.  
Overall, in determining hydration, the thermal and hydration measurement modalities are complementary. 
Thermal measurements (1) are less susceptible to contact resistances due to the increased penetration 
depth of the thermal signal (as seen in the FEA shown in Fig. 2. 4 (2) do not require direct contact, 
allowing for a soft elastomeric layer to provide further insulation from leakage currents into the skin (in 
addition to the stiff, PI layer)[15], in addition to imparting robustness to the device, unlike impedance-
based sensors where the electrodes need be in direct contact with skin[19], and (3) offer advanced 
capabilities in temperature[16] and blood flow mapping[17] using similar resistive elements. Impedance-
based measurements (1) build on an extensive library of knowledge on skin-based electrical 
measurements [25, 44], (2) provide versatility in probing volumes derived from the ability to use a wide 
range of applied frequencies [45] and (3) yield physical information about skin through both the 
capacitive reactance (permittivity) and the resistance (conductivity)[23] embedded in the measured 
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impedance and (4) enable comparisons with existing commercial measurements, almost all of which rely 
on electrical sensing [9]. Both measurements offer comparably short speeds, with a complete impedance 
spectral sweep requiring roughly the same amount of time as a time-multiplexed measurement of 16 
individual ETPS elements (both ~10s).   
Effects of Compounds on Patients  
Representative changes in measured skin properties, demarcated by age and treatment-type appear in Fig. 
2.6. The application of the humectant-based cream (15% glycerin, by weight) results in a strong reduction 
in AC-impedance, consistent with the presence of free and bound water, thereby reducing both the 
permittivity and the resistivity, as shown in Fig. 2. 6a. This trend continues until 30 minutes after the 
initial compound application, at which time it reaches steady-state. Fig 6b shows the effect of the same 
compound on the thermal conductivity of skin. The lowered slope of the transient temperature rise curve 
suggests a lower thermal conductivity 30 minutes after the application of the compound.   
Fig. 2. 6c shows the time-series evolution of epidermal properties on a representative patient. Application 
of the compounds and the covering the skin with an occlusive patch for 15 minutes lead to decreases in 
AC impedance and increases in thermal conductivity, both consistent with increased hydration level.  The 
corneometer indicates a large initial change in moisture content, followed by a return to a lower value, 
and then finally to the baseline, pre-treatment level after the removal of the compound. The effects of the 
occlusive patch occur on comparatively short time scales, with a return to baseline values within 30 
minutes after the initial measurement, due to rapid evaporation of the accumulated transepidermal water. 
Thermal transport properties, after registering an initial decrease in thermal conductivity, and decrease in 
thermal diffusivity remain largely stable for the remainder of the measurement period. These opposing 
trends in thermal conductivity and diffusivity are consistent with simulations such as those in Fig 3f.  The 
presence of thin, residual films of topically applied compounds can, in certain cases, directly influence the 
measurement.  Such affects are more significant for electrical impedance than for thermal due to the 
shorter penetration depth of the former compared to the latter. 
As another example of measurement utility, Figs. 2.6 d-e illustrate the effects of water-induced wrinkling 
of human skin on thermal transport properties. A healthy patient (female, 31 years) gently immersed right 
index finger in warm water for 90 minutes, with thermal measurements performed before and after. The 
measured thermal conductivity and diffusivity decrease appreciably, from 0.32 W/m-K to 0.28 W/m-K 
and from 0.14 mm2/s to 0.12 mm2/s respectively. These data are consistent with recent studies that 
suggest wetness-induced wrinkling is a neurological response that causes vasoconstriction [46]. 
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Independent measurements of volume change of the finger showed no appreciable change before and 
after wrinkles were induced.  
 
Clinical Evaluation  
Clinical studies demonstrate both the utility of the devices in scaled, rapid measurements across a large 
cohort and the ability to quantify time dependent changes in hydration. Topical application of three 
different compounds with varying glycerin concentrations (0, 15%, 30% respectively) on distinct 
locations of the volar forearm served as a chemical stimulus to induce these changes. An occlusive patch 
mounted for 15 minutes on the skin formed a physical barrier to transepidermal water loss, thereby 
providing a complementary, physical mechanism. Scatterplot matrices showing individual correlations 
between the various measured quantities - impedance, thermal conductivity, thermal diffusivity, 
volumetric heat capacity and commercially-measured hydration and transepidermal water loss (TEWL) 
appear in Fig. A2.   
Time-series changes of each measured quantity, organized by age and treatment-type appear in Fig. 2. 7. 
Here, the time that defines the baseline, pre-treatment state is set at 15 min prior to application of 
compounds or occlusive patches (0 min). Error bars represent the standard deviation observed across all 
20 patients.  
Fig. 2.7a summarizes the results of measurements with a corneometer. For both age-groups, the first 
measurement taken immediately following the removal of the occlusive patch shows an increase in 
hydration over the baseline, pre-patch value, but with significant variability from patient to patient. The 
values quickly return to their baseline levels, between 30 and 60 min after the removal of the patch, for 
both age groups. The application of glycerine-based compounds induces a strong effect on both age 
groups, starting with an initial increase immediately after application followed by a decrease to a steady-
state value, where it remains for 4.5 hours (time point 270 minutes). After the removal of the compound 
(time point 300 minutes) the hydration returns approximately to the baseline, pre-treatment values.  These 
observations suggest an important role for a thin, residual layer of the compounds. The measurements do 
not show a strong dependence on the compound formulation, in contrast to other studies that suggest a 
clear variation with concentration of glycerine-based compounds [47].   
Time series changes in thermal-conductivity appear in Fig. 2.7b. As in the case of the corneometer, the 
occlusive patch has little effect on measured conductivity. Application of the compounds, by contrast, 
induces a large and measurable effect on the thermal conductivity. Additionally, a strong, qualitative 
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dependence on formulation of the compounds is also apparent. The 0% glycerine induces an initial 
increase followed by a steady, linear decay. Removal results in a small further decrease, to close to pre-
treatment values. For non-zero glycerine concentrations (15% and 30%), however, removal fails to return 
thermal conductivities to their baseline values, despite a small decrease.  The finding suggests an induced 
physiological change in the skin. The increased thermal conductivity of the skin at 15% concentration is 
consistent with the present understanding of glycerine as predominantly a humectant at lower 
concentrations and predominantly an emollient at higher concentrations [47]. Changes in thermal 
diffusivity with time appear in Fig. 2. 7c. The reduction in diffusivity after the treatments can be 
explained by high specific heat capacity of water, which is trapped in the stratum-corneum. As with 
thermal conductivity, removal of the compound does not result in a return to baseline values, suggesting 
changes associated with sub-surface layers of skin. The stronger effect on older skin is consistent with the 
increased diffusivity of older skin due to its diminished diffusion barrier.  
Fig. 2.7d presents changes in measured AC-Impedance with time. As is the case with the other 
measurement modalities presented here, the effects of the occlusive patch are negligible. The application 
of the compounds results in a decrease in AC-impedance, associated with both a reduced resistance and 
reactive capacitance due to the presence of free and bound water molecules. The large error bars, the 
relative invariance of the changes with the composition of the compound and the return to baseline values 
on removal of the compounds suggest measurements of much more superficial skin layers, largely 
confined to the stratum corneum, as verified by the FEA shown in Fig. 2 4.  
Conclusions 
The multimodal sensors presented here build on existing concepts in epidermal electronics to provide 
options in real-time, in-vivo hydration assessment of human skin. Different measurement modalities offer 
pathways to understanding the distinct physics associated with epidermal thermal and electrical transport 
respectively. These concepts are easily extended to sensors with individual elements capable of probing 
both electrical and thermal properties, depending on the type and duration of power supply. Extensive in-
vitro and in-vivo tests establish working principles, and viability in a clinical setting. Results on 20 
patients and with a variety of stimuli suggest strong agreement with existing state-of-the art tools, paving 









Figure 2.1: Multimodal electronics for epidermal hydration mapping a. Exploded view schematic 
of device showing different layers (inset: enlarged view of epidermal transient plane source (ETPS) 
sensor (top) and epidermal impedance sensor (EIS, bottom).  b. Optical Image of sensor with separate 
ETPS and EIS elements integrated onto the same device. (inset) Optical micrographs of EIS (top) and 
ETPS sensor (bottom). c. Exploded view schematic of device with combined ETPS and EIS elements 
(inset: enlarged view of combined sensing element). d. Optical image of device with combined EIS 
and ETPS elements (inset: optical micrograph of combined ETPS/EIS sensor). e. Transient thermal 
data recorded for three materials with different thermal properties, from combined sensor shown in c-
d. f. Impedance spectra shown for three materials with different electrical properties from combined 





Figure 2.2. ETPS sensors of epidermal hydration and volumetric heat capacity a. IR image of 
epidermal 1-mm epidermal transient plane-source (ETPS) element on hydrated pig skin (90% saline 
by weight) before heating, 1s and 2s after heating starts respectively. b. IR images of same sensor, at 
same time points, on dehydrated pig skin (45% saline by weight). b. Thermal conductivity (red) and 
maximum temperature attained at 2 seconds (blue) as measured by 1-mm ETPS sensor on pig skin at 
different hydration levels. In figs. c-f, Error bars represent standard deviation across 4 elements, each 
measured three times. d. Thermal diffusivity measured by ETPS on pig skin sample at different 
hydration levels. e. Volumetric heat capacity derived from ETPS sensor (blue) and specific heat 
capacity measured by differential scanning calorimetry (DSC, red), on pig skin samples at different 
hydration levels. f. Volumetric heat capacity (blue) measured by ETPS sensor, plotted against specific 





Figure 2.3. Effective medium model to predict trends in thermal properties with hydration. a. 
Schematic illustrating single, 2-D cell used for FEA analysis for simulating changes in thermal 
properties with skin hydration. b. Schematic illustration of single 3-D cell for simulating changes in 
thermal properties with skin hydration c. Density (red line) and specific heat capacity (blue line) 
computed as a function of water content using the rule of mixtures. d. Simulated changes in 
volumetric heat capacity with hydration using 2-D FEA (blue points), 3-D FEA (pink points), the rule 
of mixtures (black line) and the rule of mixtures assuming a constant density (red line) e. Simulated 
changes in thermal conductivity with water content computed via 2D FEA (black curve) and 3D FEA 
(red curve). f. Simulated changes in thermal diffusivity with water content computed via 2D FEA 





Figure 2.4. Finite element simulations of heat flow and electrical field distribution in multimodal 
sensor. a. Time evolution of heat generated by 1-mm diameter circular ETPS element on dehydrated 
skin ( k = 0.18 W/m-K, α = 0.95x 10-7 m2/s). b. Time evolution of heat from sensor with same 
geometry as above, on hydrated skin (k = 0.6 W/m-K, α = 1.36x 10-7 m2/s). c. Electric field 
distribution between concentric impedance sensing elements (200 μm ID, 350 μm OD) supplied with 
2V-peak-to-peak voltage, on dehydrated skin (ε = 1133.6, σ = 2.04x10-4 S/m). d. Electric field 





Figure 2.5. Errors and uncertainties with associated with analytical fitting models. a. Variability in fit 
induced by changing thermal diffusivity by fixed amounts (∓5% ∓ 10%, ∓ 15%) and recalculating 
thermal conductivity to its new best-fit value. b. Variability in fit induced by changing thermal 
conductivity by fixed amounts (∓5% ∓ 10%, ∓ 15%) and recalculating diffusivity to its new best-fit 
value. c. and d. are calculated using the same procedure as a. and b. respectively, but without fitting 
the first 5% (0.1s) of the transient rise curve. e. Error surface computed for the two parameter fits of 
the entire curve for the data-set shown in a-d. f. Error surface projected onto 2-D map. All 






Figure 2.6. Effect of treatments on epidermal hydration a. Measured impedance spectra at different 
time points after application of 15% glycerine compound on volar forearm. b. Measured temperature 
response at different time points before and after application of 15% glycerine compound on volar 
forearm. c. Representative thermal diffusivity, conductivity, impedance and Corneometer 
measurements at different time points for 4 different treatments on volar forearm of patient. d. Optical 
image of left index finger before (left) and after (right) placing in warm water for 45 minutes to 
induce wrinkling. e. Thermal conductivity and diffusivity measured by ETPS element on finger tip 








Figure 2.7. Time-series averages of change in baseline due to epidermal treatment, of entire clinical 
data-set (n = 20), of a. Corneometer, b. Thermal conductivity, c. Thermal diffusivity, d. AC-
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WIRELESS, BATTERY-FREE EPIDERMAL ELECTRONICS FOR CONTINUOUS 
QUANTITATIVE MULTIMODAL THERMAL CHARACTERIZATION OF SKIN 
This chapter was first published as “Wireless battery-free epidermal electronics for continuous, 
quantitative, multimodal thermal characterization of skin” by S.R Krishnan. C-J. Su, Z. Xie, M. Patel. S.R 
Madhvapathy, Y. Xu, J. Freudman, B. Ng, S-Y. Heo, H. Wang, T.R Ray, J.P Leshock, I. Stankiewicz. X. 
Feng, Y. Huang and J.A Rogers in Small 14, 1803192 and is reproduced her with permission. The 
wireless designs were done in close collaboration with colleagues in the John Rogers group, and the finite 
element models were obtained in collaboration with theorists. 
3.1 INTRODUCTION 
 
Skin, as the largest organ of the body, plays a critical role in homeostasis and thermoregulation; it also 
determines external appearance and acts as a barrier to airborne toxins, preventing the diffusion of 
pathogens, pollutants and particulates[1-4]. Conventional means for monitoring the biophysical properties 
of skin require either paste-on sensors with complex wiring schemes[5], visual inspection from trained 
medical professionals or handheld probes that involve precise calibration for pressure at the contacting 
interface[6, 7]. For applications in continuous monitoring and/or measurements in the home, such 
approaches fail to offer desired levels of convenience, comfort, ease of use, reliability or accuracy. Recent 
advances in materials science and mechanical engineering form the basis of classes of electronic devices 
that are soft, thin, stretchable and skin-like in their physical properties. Such technologies sometimes 
collectively referred to as ‘epidermal electronics,’ can produce clinical-quality data streams in a range of 
settings and applications[8-12] and they also support a range of unusual measurement modalities and 
capabilities. One important example is in quantitative evaluations of thermal transport properties of the 
skin, as the basis for insights into physical changes related to hydration, blood perfusion and to various 
related pathologies.  Extensive recent work demonstrates the capabilities of soft, conformal sensors based 
on thin, thermal elements that simultaneously function as high-precision (30 mK) thermometers and 
precisely controlled thermal actuators for quantitative measurements of this kind. When laminated onto the 
surface of the skin, low-power thermal actuation (~ 2 mW) results in localized heating to temperatures 
below the threshold for sensation (ΔT~6K).  Measurements of temperature at and/or near the point of 
actuation yield time-dependent data (ΔT(t)) that can be analyzed using well-established algorithms [13, 14] 
to determine the thermal conductivity (k) and thermal diffusivity (α).  Measurements of temperature[15], 
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thermal conductivity[16] and heat capacity (the product of the heat capacity at constant pressure and the 
density is equal to the ratio of kskin to αskin)[17] made in this way can yield detailed information on near-
surface blood flow[8], skin hydration[14], wound healing[18], sunburn[19] and cellulitis[20]. Such sensors 
can be configured to assess properties of near-surface regions of the skin or at depths of up to of several 
millimeters[20] across nearly any location on the body[21] even including the fingernail[22], from which 
measurements of the underlying nailbed tissue are possible. 
All reported embodiments of such sensors rely on wired connections for power supply and data collection, 
thereby limiting usability as in-home diagnostic systems, wearable monitors or as research tools for large-
scale dermatological studies. The following presents a set of concepts in materials science, mechanical 
engineering and electronics design that, when combined in an optimized platform, yield a lightweight, 
epidermal wireless thermal sensor (eWTS) that can operate in a battery-free mode via a standard 
smartphone or radio frequency reader, where data and power transmission occur via resonant inductive 
coupling using near-field communication (NFC) protocols. Systematic experimental and theoretical studies 
establish key mechanical, electrical and thermal design considerations for stable device operation across a 
range of practical conditions, including continuous use over many days during natural activities. 
Experiments on human subjects with healthy skin and various skin pathologies illustrate capabilities in 
precision measurements of skin temperature and thermal conductivity, as well as their relationship to 
hydration and trauma. The results have potential applicability in areas ranging from skin care and cosmetics, 
to clinical health and athletic performance. 
3.1 MATERIALS AND METHODS 
Fabrication of the Epidermal Sensor: Fabrication began with spin casting a sacrificial layer of 
(Poly)Methyl Methacrylate (PMMA 495, A5, Microchem, 1.2 μm) on an undoped 4” silicon wafer followed 
by spin casting and curing a layer of polyimide (PI 2545 HD Microsystems, 3 μm). Electron beam 
evaporation and photolithographic patterning defined a bilayer of Cr/Au (10/100 nm) into a geometry 
suitable for use as a thermal sensor/actuator. A second layer of PI (3 μm), spin cast and cured, completely 
encapsulated the sensor/actuator and electrical interconnects. Photolithography followed by O2 plasma 
reactive ion etching (RIE) patterned the PI into the desired geometry and created openings for external 
electrical connections. Immersion in warm acetone removed the PMMA and allowed retrieval of the entire 
structure onto a cellulose-based, water-soluble tape (Aquasol Inc.). Depositing a layer of SiO2 onto the 
back-side facilitated bonding to a thin layer of (poly)-dimethyl siloxane (PDMS) (Sylgard 184, Dow 
Corning, 100 μm) on a PMMA-coated glass slide (75 mm x 50 mm). Exposing the PDMS to ozone in a 
UV-O cleaner for 5 minutes resulted in bonding to the SiO2 on the device upon physical contact via 
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condensation reactions of -OH groups at the surface. Warm water dissolved the water-soluble tape, leaving 
behind the device on the PDMS.  
Fabrication of the Flex-PCB and Integration with the Epidermal Sensor: Fabrication began with laser 
structuring a commercially available high-density, electrodeposited trilayer film of Copper/PI/Copper 
(18μm/75μm/18μm, Pyralux, DuPont Inc.), followed by successive cleaning in baths of flux (Worthington 
Inc.,) isopropanol and de-ionized water. Key active and passive components (NFC Chip, microcontroller, 
operational-amplifier, matching capacitors, bridge resistors, tuning resistors) were assembled via reflow 
soldering with low-temperature solder (Indium Corporation). A commercially available acrylate-based, 
pressure sensitive adhesive (JMS, 1170) mechanically bonded the flex-PCB to the soft sensor, and low-
temperature reflow soldering established electrical connections.  
Simulation of the Circuit: The device elements associated with the analog front end were simulated using 
a circuit model on a freely available software package (LTSpice). Varying critical parameters allowed for 
facile tuning of the circuit, that allowed for efficient, high-throughput fabrication. Further details of the 
model are in Fig. B5.  
Thermal Characterization: Experiments involved mounting eWTS devices onto substrates with 
thicknesses greater than the penetration depth of the thermal field (>5mm) and recording data from five 
successive actuation cycles. Discarding the highest and lowest values eliminated the outliers, and the 
remaining three measurements yielded the average value and standard deviation. Simultaneously collected 
thermographs from an IR camera ((FLIR A6255sc, FLIR Systems Inc.) validated the measurements.  
Thermal and mechanical FEA models: The commercial software ABAQUS (ABAQUS Analysis User’s 
Manual 2010, V6.10) determined the thermal conductivities of the skin in different conditions by fitting 
experimental results. Hexadedron elements (DC3D8) modeled the thermal sensor with a minimal mesh size 
of 1/4 of the wire width (2.5 µm) of the thermal sensor. FEA also provided mechanical insights. The device 
was mounted on skin (50 × 40 × 2 mm3) and subjected to bending and twisting. For bending, the 
displacement field applied to the bottom surface of the skin corresponded to a bending radius of R=1 cm 
(Fig. 3.3D). For twisting, the two ends of the skin were subjected to 180-degree relative rotation (Figure 
3D). The PDMS substrate, skin and adhesive layer were modeled by hexahedron elements (C3D8R) while 
the thin Cu, Au and PI film were modeled by composite shell elements (S4R). The number of elements in 
the model was ~107, and minimal mesh size was also 1/4 of the wire width (2.5 µm) of the thermal sensor 
in the mechanical simulation. The mesh convergence of the simulation was guaranteed for all cases. The 
elastic modulus and Poisson’s ratio used in the simulations were: 1 MPa and 0.5 for the PDMS substrate; 
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0.13 MPa and 0.5 for the skin; 0.06 MPa and 0.5 for the adhesive; 119 GPa and 0.34 for Cu; 79 GPa and 
0.4 for Au; and 2.5 GPa and 0.34 for PI. 
 
Human Subject Studies: Each subject gave full informed consent before participating in on-body 
experiments. The data acquisition for all the trials reported below followed the same procedure, and was as 
follows. Mounting the eWTS on relevant skin locations and recording data from 5 successive actuation 
cycles yielded raw data. Discarding the highest and lowest values of each of these measurements and 
computing averages and standard deviations for (ΔT(t=6s)) from the resulting curves produced 
experimental data points and error bars, respectively. 
Studies of Skin Hydration: The trial began by identifying locations on the volar forearms of consenting 
volunteers devoid of near-surface macrovessels. After 15 minutes following initial application, exfoliating 
the surface by applying and removing a piece of tape and then cleaning with a fresh, dry wipe removed 
residual moisture. The same procedures yielded ‘after’ data points. Evaluations using a moisturemeter 
(Delfin Systems gmbh) simultaneously with eWTS measurements provided some comparison data. An 
acrylate fiber-based ultrathin (80μm) medical grade adhesive (3M Inc.) laser cut into the shape of the 
device, facilitated mounting on the skin.  
Studies of Skin Burns: The trial began by identifying locations of severe burns on the right volar forearm 
of a volunteer (Female, age 24), followed by demarcation into burnt, perilesional and healthy locations, and 
the measurement procedure listed above. 
Studies of Slap-Induced Dermatographic Urticaria: The trial began by identifying a region of the volar 
forearm of an informed, consenting volunteer (Male, age 26) that was devoid of prominent near-surface 
blood vessels. Administering a single slap with three fingers resulted in an immediately apparent 
hyperemia, and redness. Measurements with an eWTS followed the procedures listed above, at 120 s, 300 
s and 600 s after the redness became apparent.  
Long-term Monitoring: Mounting an eWTS on the volar forearm of a subject using the procedures listed 
above, and then covering the sensor with a single layer of conformal, breathable medical dressing 
(Tegaderm, 3M Inc) served as the starting point for the studies. The volunteer performed normal routine 
activities such as sleeping, showering and exercising over 7 successive days. Measurements were performed 
indoors each day, at 10:00 am and 5:00 pm. Three successive measurements with the moisturemeter, 
performed at the same time as those with the eWTS, yielded data for comparison. Weather logs for 
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Evanston, IL, USA, for the dates and times of the study (weather.com, Inc.) yielded ambient temperature 
and humidity data.  
 
3.3 RESULTS AND DISCUSSION 
Device Construction and Operation 
The device platforms reported here rely on metallic elements in thin, stretchable platforms designed to 
efficiently transfer heat to underlying biological tissue and to monitor the resulting time-dependent 
variations in the temperature at the surface.  The thermal mass (<10 mJ/cm2K) of these sensors and their 
capacity to form intimate, conformal contacts to the skin are critical design considerations.  A schematic 
illustration of the eWTS appears in Fig. 3.1A, highlighting these and other key features. The platform 
consists of two mechanically distinct components. The first incorporates an inductive coil for wireless 
power harvesting and a collection of electronic components for NFC-based data transmission and analog 
signal conditioning, all assembled on a flexible printed circuit board (flex-PCB; flexural rigidity, EI ~ 3000 
Pa-m3).  This platform is compatible with commercial components and technologies, with sufficient 
thickness to offer robust mechanical properties for handling and manipulation.  The second consists of a 
photolithographically defined pattern of Cr/Au (10/100 nm) encapsulated by a thin (3 μm) layer of 
polyimide (PI) on an elastomeric substrate (80 μm; EI~ 0.3 Pa-m3), as shown in Fig. 3.1B. The Cr/Au trace 
forms a stretchable sensor/actuator with linear, low-hysteresis behavior based on a well-defined temperature 
coefficient of resistance (TCR), where the experimentally measured TCR (0.0027 Ω Ω-1K-1) correlates well 
with established values for thin gold films (0.0025-0.0034 Ω-Ω-1K-1), as shown in Fig. B1. The PI layers 
mechanically and electrically isolate this structure. The soft, stretchable mechanics are apparent in Fig. 
3.1C, where gentle pressure from a cotton-tipped applicator easily deforms and elastically stretches the 
device. In accordance with design rules in epidermal electronics[23], the low flexural rigidity and the 
effective low modulus facilitate conformal contact with the skin. The heterogeneous combination of a flex-
PCB platform and a soft, ultrathin sensor/actuator represents a design that unites the most advanced 
concepts in epidermal electronics with commercially mature manufacturing approaches.  
An opening in the flex-PCB serves as the location for integrating the epidermal platform via an acrylate-
based, pressure-sensitive label adhesive (JMS 1170).  A low-temperature Indium-based solder establishes 
electrical contact between these two components. A thin (80 μm) medical grade adhesive allows for 
reversible bonding (Qadhesion=880 N/m) of the flex-PCB to the skin.  The sensor/actuator contacts the skin 
via the action of van der Waals forces (Qadhesion~5 N/m).  The small overall size (D = 1.6 cm), the low mass 
(200 mg) and the mechanical flexibility of the eWTS enable application on a range of body locations. An 
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optical image of an eWTS on the neck of a human subject appears in Fig 1D, with enlarged views that 
highlight the key features outlined above. Application on the forearm allows for easy access with a 
smartphone, as shown in the optical images in Fig. 3.1E-F.  
Wired experiments using this type of sensor/actuator offer the ability to tune key experimental parameters 
and to reveal important design considerations in actuation power and measurement resolution, as in Fig. 
3.2. Here, mixtures of two commercially available silicone materials (Sylgard 184, Sylgard 170, both from 
Dow Corning) with thermal transport conductivities that bound those of skin (ksyl 184=0.19 W m-1K-1, ksyl 
170=0.5 W m-1K-1) form skin phantoms for in vitro characterization.  Lamination of a wired sensor on a skin 
phantom prepared in this way, followed by simultaneous temperature sensing and low power actuation 
result in a characteristic transient rise in temperature (ΔT(t)) whose behavior depends mainly on the thermal 
diffusivity (αphantom ) of the underlying material for times shortly following actuation (<100 ms) and on the 
thermal conductivity (kphantom) at longer times (>2 s)[19], for the designs reported here. Representative data 
collected from samples of pure Sylgard 184 and pure Sylgard 170 appear in Fig. 3.2A, for two different 
actuation powers, Pact.  Prior work shows that the thermal conductivity of the skin and correlates in linear 
fashion to its hydration, across a range of physiologically relevant values.[14, 19]  As a result, the following 
discussion focuses on k.  A simple, effective way of extracting k involves measurements of the change in 
local temperature at a known, fixed time interval after actuation (ΔT(t=tfixed)).  This quantity varies inversely 
with k, as shown in Fig. 3.2A.  Increasing Pact increases the change in temperature, resulting in larger 
absolute differences in (ΔT(t=tfixed)) for materials with different k, as shown in Fig. 3.2B, thereby facilitating 
precise measurements of k. The results of Fig. 3.2C highlight these effects through measurements of 
ΔT(t=6s)) on six skin phantoms with different weight fractions of Sylgard 170 in Sylgard 184 (0%, 20%. 
40%, 60%, 80%, 100%), where values of kphantom can be estimated by an effective medium model[24], across 
six values of Pact (7.1 mW, 5.0 mW, 3.2 mW, 1.8 mW, 0.8 mW, 0.2 mW). Though the variation of kphantom 
with changing weight fractions of Sylgard 170 depends on a complex set of factors, including its 
morphology in the Sylgard 184 matrix, surface interactions and the effects of percolation[24], the 
relationship can be effectively quantified with a simple, second order polynomial fit, as shown in Fig. 3.2C.  
Averages and standard deviations follow from three successive measurements on each phantom for each 
Pact. The measurement precision decreases with decreasing Pact, as illustrated by the diminished correlation 
coefficients (R2) for the fits, and the error bars increase due to increasing relative contributions to variability 
from ambient conditions such as convection and drift. 
The correlations shown in Fig. 3.2C can be used to translate changes in k (Δk), a derived quantity, to changes 
in ΔT(t=6s)), a directly measurable quantity, as shown in Fig. 3.2D for different values of Pact. 
Measurements of changes in skin hydration (water content, by wt%, ΔwH2O,skin) form an important 
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application of the eWTS platform, and values of Δkskin can be translated to relative measurements of 
ΔwH2O,skin using effective medium models, details of which appear in Fig. B2 and note S2 with the results 
of this conversion in Fig. 3.2D. The resolution in ΔT(t) realized with the analog front-end design 
implemented here (shown in Figs. B4-B5 and discussed subsequently) is ~80 mK, as confirmed by 
quantitative comparison to IR imaging. The implication is a measurement precision in Δk of 0.02 W m-1K-
1 for Pact=2 mW, which corresponds to a precision in ΔwH2O of <5%, in agreement with previous reports 
[15].  Additional validation studies appear in Fig. B3. 
The electronics rely on energy harvesting and communication through a 13.56 MHz antenna with a high Q 
factor (Fig. B4). The harvested power operates the complete circuit, including a microcontroller 
(ATTiny10) that enables precise timing and control over the thermal actuation of the eWTS and an analog 
driver and amplifier that allow high resolution, wireless measurements of ΔT(t). A schematic of the overall 
circuit appears in Fig. 3.3A. The sensing portions are built around the resistive, thin-film metallic element 
(S1 ~ 650Ω), as the sensor/actuator, located at one arm of a balanced Wheatstone bridge (R2, R3, R4). 
Changes in temperature cause changes in resistance in S1 that are governed by the TCR of the thin metallic 
film it is constructed from. For example, a local temperature increase of 5 K results in a resistance increase 
in S1 of ~10Ω, resulting in differential voltage changes (~500 μV) with respect to the reference arm of the 
bridge. This differential voltage is amplified by an operational amplifier whose closed-loop gain is set by a 
feedback resistor (R5). To induce thermal actuation, the S1 timing is controlled by the microcontroller 
whose signal is buffered by an operational amplifier in a voltage-follower configuration that is on the same 
die (ADA 4505-2, Analog Devices Inc.) as the operational amplifier to ensure robust operation in an RF 
field.  The value of R2 can be tuned manually via a miniaturized potentiometer (TC42X-2-202E, Bourns 
Inc.) to control the power dissipated in the sensing arm of the Wheatstone bridge. The amplified signal 
feeds into the analog-digital converter (ADC) of a bare-die NFC chip (AMS SL13A, AMS Inc,) that features 
a 10-bit ADC with a full range of 300 mV (300 mV - 600 mV).  The resulting temperature resolution is ~80 
mK, consistent with measurements described previously. Raw data recorded from the sensor (Vout) by an 
NFC reader appears in Fig. 3.3B, illustrating periods of actuation (‘On’) and inactivity (‘Off’), and transient 
changes in Vout induced by actuation (ΔT(t)). Further details of the circuit are in the LTSpice simulations of 
Fig. B5. 
Strains encountered in practical use cases can, potentially, delaminate the sensor from the skin, and/or affect 
resistive temperature measurements.  As such, robust mechanical designs are essential to reliable operation. 
Even slight, partial delamination can significantly alter the measurement results because air has a thermal 
conductivity that is an order of magnitude lower than that of the skin and other soft tissues [25]. Three-
dimensional finite element analysis (3D-FEA) indicates that the minimum work of adhesion required to 
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maintain conformal contact between the skin and the eWTS for large, applied uniaxial strains (15%) that 
represent the practical limits for skin is approximately 5 N/m.  This requirement can be satisfied with skin-
safe silicone or acrylate-based adhesives (work of adhesion >50 N/m[26] ) as shown in Fig. 3.3C . The 
required work of adhesion is low because the energy release rate, which is responsible for delamination, 
decreases with the device size [27] and the device diameter is only 16 mm. The corresponding deformations 
of the device under these conditions and others such as twisting and bending as shown in the 3D-FEA 
results of Fig. 3.3D, result in peak strains of <0.1% in the copper antenna coil and in other key regions. 
Additionally, placement of the sensor/actuator near the neutral mechanical plane of the PI-metal-PI 
assembly (thicknesses of 3μm, 110 nm and 3 μm) results in similarly small strains (<0.1%), as shown in 
the inset images in Fig. 3.3D. To summarize, the mechanical designs introduced here enable: 1) strong, 
reversible, conformal contact between the skin and the sensor/actuator, 2) robust operation with commercial 
surface mounted (SM) analog and NFC electronic components and 3) strain isolation of the sensor/actuator, 
the NFC antenna and bare-die components. The construction leverages technologies in microfabrication, 
transfer printing and laser structuring that are inherently scalable and aligned with low cost manufacturing.  
Thermal characterization of soft materials and fluids 
Extensive comparisons to wireless data, IR imaging and FEA models validate the measurement capabilities 
of the eWTS platform. Fig. 3.4A shows IR thermographs of the sensor/actuator during operation in air (left) 
and on human skin (right). During actuation (i.e. the ‘on’ period), 2 mW of thermal power results in 
localized heating across a region with spatial extent defined by the properties of the sensor/actuator and the 
surrounding materials. The low thermal conductivity of air (~0.02 W/m-K) relative to skin (~0.32 W/m-
K[25]) results in a higher local temperature rise in air than in skin.  3D-FEA simulations of heat flow 
through skin reveal that after actuation for 6 s, the characteristic depth of penetration of the heat is ~ 1 mm 
(within the epidermis) and the ΔT(t=6s)) at the surface is ~6.5 K.  Note also that the NFC chip itself is a 
source of localized heating, as seen in Fig. 3.4A. The overall layout of the device ensures, however, that 
the chip is sufficiently far from the sensor/actuator that its heating has little effect on the measurement, as 
shown in Fig. B6.  
Operation of the eWTS at 0.05 Hz and 33% duty cycle, respectively, results in data shown in Fig. 3.4C. 
Comparing the measured voltage (red curve) with data from IR thermographs (black curve) yields a linear 
calibration that converts voltage to temperature.  In this way, both the temperature rise (ΔT(t)) and the 
starting temperature (T(t=0)) associated with each cycle of actuation yield data on thermal transport and 
baseline temperature, respectively. Drifts in the starting temperature, (T(t=0)) do not affect the temperature 
rise, as shown in Fig. B7. Wireless measurements match those obtained with previously described wired 
systems, as shown in Fig. 3.4E with IR imaging and with FEA simulations for a silicone skin phantom 
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(Sylgard 170, k = 0.50 W  m-1K-1). As expected, the ΔT(t) measured on air and Sylgard 170 show dramatic 
differences, where the data from Sylgard 170 exhibit a lower slope (
𝑑𝑇(𝑡)
𝑑𝑡
) at short time scales (t < 1 s) and 
a lower saturation temperature (~4 K, at t = 6 s) than those of air (>8 K), consistent with the large differences 
in thermal transport properties of these two materials. 
In addition to thermal conductivity, measurements of this type can also quantify the convective effects of 
fluid flows near the surface of the sample under test, of relevance for quantifying rates of flow of biofluids 
in or under the epidermis. Studies performed using a slab of silicone with a catheter tube located at a depth 
of 1 mm, as shown in Fig. 3.4E (top), illustrate the capabilities.  The results in Fig. 3.3D (bottom) correspond 
to operation of the eWTS at 0.05 Hz and 33% duty cycle for flow rates comparable to those associated with 
blood flow through macrovessels and near-surface subdermal catheters (Qflow = 0.5 ml/min, 1.0 
ml/min)[28]. These data can be converted into flow rates using numerical models or calibration 
procedures[29]. A representative calibration appears in Fig. B8.   
 
Human subject studies of skin hydration  
The human epidermis is a complex structure that consists of cornified outer layers and viable inner layers. 
The outer layers largely consist of squamified cells (corneocytes) and an interlayer lipid matrix, which, 
taken together, form a ‘brick and mortar’ structure that prevents transepidermal water loss and absorption 
of airborne pollutants and pathogens via diffusion[30]. Free water in these layers serves a critical structural 
role in maintaining the parallel, lamellar structure of the lipid matrix, by forming hydrogen bonds to the 
polar head groups of the lipids. Typical moisture levels in the outer layers of the epidermis, such as the 
stratum corneum (SC) and stratum granulosum are ~20%.  Levels that fall below ~10% [30] result in poor 
barrier properties and the appearance of dry, flaky skin. Consequently, measurements of skin hydration are 
important in fields as diverse as dermatology, toxicology and sports medicine.   
The validation studies described above support the use of the eWTS platform for characterization of 
hydration levels in skin[31]. The existing commercial gold standard, an impedance-based measurement 
probe (Moisturemeter, Delfin Systems GmbH), provides a benchmark for comparison.  The series of images 
in Fig. 3.5A highlight a procedure for studies that include an incubation time for the moisturizer to fully 
absorb into the skin and a process of eliminating any residual material by application and removal of a piece 
of tape (Scotch brand, 3M Inc). Measurements include three adjacent locations on the right volar arm of a 
healthy subject (Female, age 23) using three separate eWTS devices.  One is treated with an alcohol wipe, 
another with a commercially available cream-based moisturizer (Nivea, Inc.) and the third with a dry wipe. 
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A single system of control and readout electronics allows successive wireless measurements from each 
sensor.  An image of the experimental setup is in Fig. 3.5B. The chosen moisturizer consists primarily of a 
hydrophobic humectant (glycerine), where a carefully topically applied thin film of 5 mg/cm2 acts a barrier 
to escaping water from deeper, epidermal layers. The large gradient in water concentration that exists across 
the thickness of the epidermis (70% water by weight in the viable, deeper layers of the epidermis to 20% 
in a healthy stratum corneum[32]) ensures strong diffusive transport of free epidermal water to the 
superficial skin layers, where it is trapped by the humectant. Increased water content in the dry, outer layers 
affects thermal transport in two ways. First, the primary structural constituent of dry skin is type I 
collagen[33], with kcollagen =0.15 W m-1K-1.  Because water has a thermal conductivity of kwater= 0.61 W m-
1K-1 (at 300 K), an increased filling fraction of water in the collagen matrix will increase the thermal 
conductivity of the skin, kskin as predicted by simple effective medium models, such as those shown in Fig. 
B2[14].  Second, physical swelling and extension of the polymers of the skin matrix that follows from 
increases in free water content result in an increased phonon mean free path[24, 34]. Taken together, these 
effects enhance thermal transport through skin, consistent with values of ΔT(t) observed before and after 
the application of the moisturizer in Fig. 3.6C.  The case of the alcohol wipe shows no discernible effect. 
Results of measurements on three healthy subjects (Fig. 3.6D) reveal high levels of variability in the 
efficacy of topical moisturizers due to the complexity in the underlying mechanisms and the inhomogeneity 
of skin types. Application on the visibly dry, flaking skin on the volar forearm of Subject 1 (Male, Age 26) 
leads to a large change in hydration, as captured by both the moisturemeter and the eWTS (ΔT(t = 6s)). For 
skin with healthy appearance, the effect of the topical compound is smaller with Subject 2 (Male, age 23) 
than with Subject 3 (Female, age 24). In all three cases, measurements show a decrease in the hydrating 
effects with time, where the properties of the skin return to 70%, 96% and 100% of their initial values 60 
minutes after application, consistent with previous reports, likely due to a combination of factors including 
wrinkle-induced defects in the cream and the continuous natural exfoliation of the stratum corneum 
allowing for diffusive water loss.   
These platforms can be easily mounted on different body locations, as illustrated by studies on the arm, 
neck and leg shown in Fig. 3.6D (left). Measurements before and 15 minutes after the application of 
moisturizer on a healthy subject (Female, age 24) indicate that the strongest effects occur on the arm, 
followed by the neck, and then the leg, as shown in Fig. 3.6D (right). Evaluations of different types of 
moisturizers highlight the dependence on the chemistry of these materials. Optical images immediately 
after, and 15 minutes after application of petrolatum, aloe gel, lotion and cream appear in Fig. 3.6F.  In 
general, moisturizers rely either on the occlusive action of humectants (e.g, Vaseline, a type of petrolatum) 
to reduce rates of transepidermal water loss, the absorptive effects of emollients (e.g, gel) to trap ambient 
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moisture or some combination of these. Measurements shown in Fig. 3.6E, reveal that pure petrolatum 
(Vaseline) induces the most pronounced changes in hydration, due to its lipid-rich structure, consistent with 
previous reports[30, 35]. Different types of moisturizing treatments result in different hydration profiles 
across the thickness of the epidermis[36], suitable for probing with thermal techniques like those described 
here[7].  
 
Human subject studies of changes in thermal transport of the skin due to trauma  
Blood flow through near surface vessels can also affect thermal transport through near-surface skin layers, 
particularly the upper dermis and lower epidermis. This type of flow is not directional, as in a macrovessel 
such as a vein or artery, but rather represents isotropic thermal transport that can be modeled as a 
modification of the Heat Diffusion Equation (HDE) that incorporates volumetric perfusion [37-42].  Here, 
an increase in perfusion results in an effective increase in kskin. By contrast, trauma, such as a class II burn 
injury, leads to ischemia and ultimately necrosis in dermal layers, causing a significant reduction in viable, 
perfused tissue, and therefore a reduction in kskin [43]. Optical images of the right volar forearm of a burn 
victim (Female, 23) are in Fig. 3.7A, showing burnt, perilesional skin and healthy skin. The reduced rates 
of thermal transport in burnt skin, relative to healthy and perilesional skin is apparent in measurements 
performed 2 days after the burn, on each of the three skin types highlighted above Fig. 3.7B.  
In contrast to burn-induced reductions in near-surface perfusion, other types of skin trauma such as slap-
induced dermatographic urticaria results in inflammation and hyperemia, apparent as redness on the volar 
forearm of an otherwise healthy subject (Male, Age 26) in Fig. 3.7C. Hyperemia results in increased rates 
of thermal transport due to the increased volume of blood perfusing the same control volume of tissue [39]. 
Typical symptoms of inflammation due to urticaria last ~10 minutes [29], consistent with the data of Fig. 
3.7D that suggest initial increases in thermal conductivity that gradually return to their baseline values.  
Continuous, stable operation in a range of conditions  
The miniaturized, rugged construction, the flexible mechanics, the lightweight, battery-free operation and 
the waterproof designs of the eWTS platform allows continuous wear and monitoring over many days. As 
a demonstration, a subject (Female, age 24) wore the eWTS for one week, without disruption to routine 
activities such as exercise, showering and sleeping.  Here, a thin, breathable layer of medical tape 
(Tegaderm, 3M Inc) covered the device (further images with covered eWTS are in Fig. B9). The NFC 
protocols are insensitive to ambient water content[44] , thereby allowing for stable operation even during 
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complete immersion in water, as illustrated in Fig. 37A, although such conditions strongly influence the 
thermal characterization results.  
Raw data (ΔT(t)) from measurements performed twice a day (at 10:00 am and 5:00 pm) throughout the 
testing period illustrate the reliability and stability of the measurement, as summarized in Fig. 3.6B.  
Measured values of ΔT(t=6s) along with data collected using the moisturemeter applied at adjacent 
locations of the skin validate the measurements are shown in Fig. 7C. As expected, the two quantities vary 
inversely with each other, with increased hydration resulting in increased values of kskin. In the absence of 
external moisturizing compounds or treatments, variations in hydration are likely influenced by fluctuations 
in ambient temperature and humidity[1, 30, 45], with further data in Fig. B10. The eWTS forms a non-
irritating, comfortable interface for the user, as supported by an optical image recorded after 1 week of 
continuous use (Fig. 3.7D) that reveals no signs of inflammation or irritation.   
Error, Noise and Uncertainty 
The advanced analog circuit designs reported here support measurement precision of ~20 mK, but are 
constrained by software limitations, resulting in a measurement precision of ~80 mK, capable of resolving 
the thermal conductivity to 0.02 W m-1K-1, as discussed above. The effects of decreased measurement 
precision in temperature are apparent in the Figs. B11 A-B.  For a temperature resolution that is worse than 
300 mK, the measurements can only distinguish skin phantom materials with differences in thermal 
conductivity that are larger than ~0.05 W m-1K-1. Effects of the surface texture of the skin and convective 
transport due to ambient air flows appear in Fig. B11C. The latter studies use flat silicone samples and the 
former use textured silicones created by casting against a relief pattern created by a fingerprint. 
Measurements show differences of <2% in ΔT(t=6s) with error bars from standard deviations across three 
measurements exhibit an increase of ~5% from the untextured case. Studies of the effects of convection 
involve measurements with the device in an enclosure to prevent air currents.  Comparisons to 
measurements made without the enclosure show values of ΔT(t=6s) that are <5% higher than those of the 
uncovered case, due to the effects of convective cooling.  These two measurement conditions yield nearly 
identical (<1%) standard deviations, likely due to the short (6s) measurement times.  
An additional consideration in measurement performance is a timing uncertainty of 40 ms that is inherent 
to the ADC sampling rate and communication protocol of the NFC Chip (ISO 15693). Multiple 
measurements, typically five in succession with the highest and lowest values discarded and the remaining 
three values averaged, can minimize the effects of such uncertainties.  The error bars suggest 5-10% 
measurement uncertainty.  Finally, we note that the precision of our system is limited by the wireless 
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software readout to 1 mV, and, as such, the contributions of ambient and RF noise play a minimal role 
relative to code transition noise as seen in Fig. B11D.  
Implications for Clinical Monitoring 
The results presented here establish a set of concepts in electrical, mechanical and materials design that 
establish scalable routes to lightweight, wearable sensors for multimodal thermal characterization with 
precision comparable or superior than that of the clinical gold standard. The versatility and robustness of 
the sensing platform allow for precise measurements of temperature, skin hydration and changes in vascular 
perfusion associated with trauma and wound healing, suggesting broad utility in clinical monitoring. The 
rugged, lightweight, battery-free design allows for continuous use over periods spanning a week, with 
power and data transmission via NFC protocols that are available on most smartphones and stationary RFID 
readers. The sensor design suggests pathways for low-cost scaling and manufacture to meet the demands 
of large study populations, with ultimately utility in clinical and at home monitoring performed by non-





Figure 3.1: Device design. A. Exploded view schematic illustration of an epidermal wireless thermal 
sensor (eWTS). B. Similar illustration of the ultrathin, soft, thermal sensing/actuating component. C. 
Optical image of a sensor held with a pair of tweezers. D. Optical image of a sensor mounted on the 
skin of the neck, illustrating constituent components. E. Side-view image of a device on the arm. F. 






Figure 3.2. Quantification of design requirements using a wired sensor A. Transient temperature 
response at two different actuation powers (Pact= 3.2 mW, 0.8 mW), on two skin phantoms (Sylgard 
184, red and black curves and Sylgard 170 blue and pink and blue curves) representing the extremes of 
skin (ksyl170=0.50 W/m-K, ksyl184=0.19W/m-K).  The results highlight the coupling between actuation 
power and resolution. B. Temperature rise 6 s after actuation for a range of Pact for mixtures of Sylgard 
170 and Sylgard 184 with thermal conductivities that span the range commonly encountered in human 
skin. C. ΔT(t=6s) as a function of ratio between Sylgard 170 and Sylgard 184, with second order 
polynomial fits and associated R2 values for a range of actuation powers. D. Computed curves showing 
changes in measured values of ΔT(t=6s) as a function of changes in k, with changes in hydration as 
weight-% in skin from effective medium computations.  F. Conversion of wirelessly measured voltage 
to temperature via a calibration with an IR camera showing experimentally achieved resolution and 






Figure 3.3: Electrical designs and results of thermal characterization. A. Schematic illustration of 
the circuit design, showing components responsible for sensing, control and wireless power harvesting 
and data transmission. B. Wirelessly recorded sensor output, during sequential actuation at 0.067 Hz 
frequency and 33% duty cycle, showing measured changes in voltage due to thermal actuation E. 
Computed minimum work of adhesion between an eWTS and the skin as a function of uniaxial strain, 
showing strains at which skin yields and tears, respectively. F. Strain distribution in an eWTS during 
bending (left) and twisting (right) showing nearly 0% strain at the receiver coil and the resistive 






Figure 3.4: Wireless measurements on biological phantom systems. A. IR thermographs of eWTS 
in air (left) and on a subject’s skin (right). B. Temperature distributions computed by 3D-FEA (top-
view (left) and side-view (right)) 6 s after actuation at 2 mW. C. Wirelessly measured voltage during 
actuation, with IR thermography results acquired simultaneously. E. IR imaging, data acquired with a 
wired system, data acquired using an eWTS and 3D FEA model for ΔT(t) for the case of air and a 
silicone skin phantom (kphantom=0.5 W/m-K) F. Schematic illustration (left) and measured transient 
temperature rise 6 s after actuation (right) on a benchtop flow system designed to mimic near-surface 






Figure 3.5: Wireless measurements of skin hydration on human subjects. A. Schematic illustration 
and optical images of a protocol for experiments using topical compounds. B. Optical image of multiple 
sensors on the arm of a subject.  Measurements involve sequential read out using a single device, each 
on locations with different treatments. C. Data recorded sequentially from the three locations shown in 
B. D. Time series measurements with an eWTS and a moisturemeter on three subjects with different 
hydration levels before and after the application of a topical moisturizing compound. E. Schematic 
illustration of body locations for application of a topical moisturizer (Vaseline; left) and measured 
transient temperature rise before and after application of moisturizer. F. Optical image of a subject’s 
arm immediately after application of four different topical compounds, Aquaphor, Cream, Gel and 
Vaseline (left) and 15 minutes later, after dry-wiping and tape exfoliation (right). Transient temperature 
response before and 15 minutes after application of each of these compounds. The ‘after’ measurements 
are performed after dry-wiping and tape-exfoliation. In all cases, error bars correspond to standard 






Figure 3.6: Human subject studies of changes in the thermal properties of skin due to trauma. A. 
Optical image of a subject’s arm, collected 2 days after suffering burns, showing burnt, healthy and 
perilesional locations. B. Measured temperature increase 6 s after actuation at each of these three 
locations. C. Optical image of a subject’s arm 2 min after dermatographic urticaria, showing 
inflammation and redness. D. Measured temperature increase 6s after actuation before, 2 minutes after, 






Figure 3.7: Human subject studies of changes in the thermal properties of skin due to trauma. 
A. Optical image of a wet eWTS, simulating shower conditions. Water does not affect the 
electronics. B. ΔT(t=6s) measured over 7 days, showing stable operation. C. Measured temperature 
rise measured 6 s after actuation, collected twice per day over 7 days, with comparison to 
measurements using a moisturemeter at adjacent skin locations. D. Optical image of the volar aspect 
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EPIDERMAL ELECTRONICS FOR NONINVASIVE, WIRELESS, QUANTITATIVE 
ASSESSMENT OF VENTRICULAR SHUNT FUNCTION IN PATIENTS WITH 
HYDROCEPHALUS 
This chapter was first published as “Epidermal electronics for noninvasive, wireless quantitative 
assessment of ventricular shunt function in patients with hydrocephalus” by S.R Krishnan. T.R Ray, A.B 
Ayer, Y. Ma, P. Gutruf, K.H Lee, J.Y Lee, C.Wei, X. Feng, B. Ng, Z.A Abecassis, N. Murthy, I. 
Stankiewicz, J. Freudman, J. Stillman, N. Kim, G. Young, C. Goudeseune, J. Ciraldo, M. Tate, Y. Huang, 
M. Potts and J.A Rogers” in Science Translational Medicine 10, eeat8437 and is reproduced here with 
permission. The finite element models presented here were obtained in close collaboration with theorists, 
while the PCA analysis was performed in collaboration with colleagues in the Rogers research group.  
 
4.1 INTRODUCTION 
Ventricular shunts represent an essential component of clinical treatment for hydrocephalus, a common and 
debilitating neurological disorder that results from the overproduction and/or impaired reabsorption of 
cerebrospinal fluid (CSF) produced in the ventricular system of the brain [46]. Shunts assemblies typically 
involve two silicone catheters, connected upstream and downstream of a regulating valve, to drain excess 
CSF from the ventricle to a distal absorptive site. For the purposes of this study, ‘ventricular shunt’ refers 
to a shunt system consisting of a proximal catheter draining CSF from the ventricular system, a flow, gravity 
or pressure regulated valve, and a distal catheter draining fluid from the valve to the recipient site, such as 
the peritoneum, pleural cavity or right atrium. While effective in CSF diversion and prevention of the 
sequelae of hydrocephalus, shunts are highly prone to failure [47]. Clinical symptoms of shunt malfunction 
tend to be non-specific, such as headache, nausea and somnolence, thereby creating challenges in clinical 
diagnosis [48, 49]. Because ramifications of misdiagnosis can include severe morbidity and mortality, 
accurately identifying shunt malfunction or failure is critical in the appropriate care of hydrocephalic 
patients. 
Diagnostic tests to assess shunt function include computed tomography (CT), plain films (X-Ray), 
magnetic resonance imaging (MRI), radionuclide shunt patency studies (RSPS, or ‘shunt-o-gram’), shunt 
aspiration, and flow monitoring systems (ShuntCheck, NeuroDx, Yardley, PA) [50-52]. Each method, 
however, suffers from some combination of disadvantages, including excessive cost, poor reliability, low 
speeds, susceptibility to interference and patient discomfort, as well as potential for harm. CT scans and X-
rays expose a vulnerable pediatric population to harmful radiation (1.57±0.6 mSv and 1.87±0.45 mSv, 
respectively). Shunted patients undergo an average of two CT scans annually that, over the course of the 
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patient’s lifetime, result in dangerous levels of radiation exposure that have been linked to the onset of 
neurological and hematological malignancies [53, 54]. The MRI approach costs $3,000 per study, the 
measurement can interfere with magnetic shunt valves, the availability is limited, and the wait-times are 
typically long. Invasive testing, in the form of RSPS or simple aspiration, is painful, time-consuming, 
potentially inaccurate and risks infection of the shunt system [55-58]. Recent diagnostic entrants attempt to 
address these drawbacks, but are limited by cumbersome, multi-step protocols, in some cases including ice-
mediated cooling, with equivocal or negative past clinical data [50, 52, 59, 60]. Ultimately, surgical 
intervention is required to assess and revise shunts in many patients. With risk of intraoperative 
complications and anesthetic exposure, gross procedural expenditures approach $67,000 per patient [61]. 
Because a significant proportion of such operations reveal shunt systems with proper flow profiles, these 
unnecessary procedures represent a large burden on the health care system.  
This report presents a simple, non-invasive sensor platform that provides a low-cost, comfortable 
means for quantitatively assessing flow through cerebrospinal shunts, continuously or intermittently.  The 
system exploits advance in materials, mechanics and fabrication schemes that serve as the foundations for 
a class of electronics that is ultrathin (thickness, h<100 μm), soft (Young’s modulus, E ~70 kPa), 
lightweight (area mass density, <10 mg/cm2) and skin-like in its physical properties, with resulting flexural 
rigidities that are nine orders of magnitude lower than those of traditional, rigid sensors. Such ‘epidermal’ 
electronic devices support broad classes of measurement capabilities that offer clinical grade accuracy in 
capturing body kinematics [10], electrophysiological signals [9, 62], soft tissue mechanical properties [63], 
chemical markers in sweat [11, 64] and many others. Multimodal thermal characterization is also possible, 
owing to the exceptionally low thermal masses (<10 mJ cm-2 K-1), fast response times (~10 ms) and 
exceptional precision in temperature measurements (~20 mK) of these platforms and to their ability for 
controlled delivery of thermal power to underlying tissue [14, 16, 17, 21, 65]. Specific embodiments allow 
for high resolution skin thermography and for precise measurements of the thermal conductivity and the 
thermal diffusivity of the skin. Recent work from our group [66] also illustrates concepts in quantifying 
macrovascular blood flow based on measurements of spatial anisotropies in thermal transport. Here we 
extend these concepts to realize a soft, skin-interfaced sensor that can accurately measure flow through 
cerebrospinal shunts in real-time, in a noninvasive, quantitative and wireless manner.  The results represent 
a significant advance in hydrocephalus diagnostics, with ability to visualize flow in a simple, user-friendly 
mode, accessible to the physician and patient alike. Systematic benchtop evaluations, thermographic 
imaging and finite element analysis (FEA) of the physics of heat transport reveal the effects of skin thermal 
properties and thickness, as well as device and catheter geometries.  The results establish considerations in 
design for a range of practical operating conditions. An integrated wireless system allows for real-time 
transmission of data to standard consumer devices such as smartphones and tablet computers. Trials on five 
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adult shunt recipients with a diverse range of etiologies and comparisons with CT, MRI and RSPS validate 
device function in vivo, along with advanced processing algorithms for quantitative determination of flow 
rates. Figs. 4.1-4.1 focus on aspects of sensor design, modes of operation, in vitro validation and concepts 
in wireless design.  Figs. 4.5-4.7 highlight clinical results. 
4.2 MATERIALS AND METHODS 
Study Design 
Patients were recruited from the population of the study site (Northwestern Memorial Hospital, Chicago, 
IL, IRB Protocol STU0020542). Inclusion criteria specified patients with previously implanted ventricular 
shunts undergoing evaluation or routine follow up as well as patients undergoing new ventricular shunt 
placement procedures. The goal of the study was to validate sensor performance against clinician diagnosis, 
surgical observation and imaging results. The study was not formally blinded, though sensor measurements 
were performed and analyzed without prior knowledge of imaging or surgical results. Patients were 
evaluated at a 45˚ angle during device placement. Sensor placement was determined based on touch, to 
locate the most superficial location of the shunt, either over the clavicle or on the neck. A single 
measurement consisted of placing the sensor on the skin and waiting for 60s for the sensor to equilibrate 
with the skin. Low power thermal actuation (1.6 mW/mm2) was then supplied for 240s, and then halted for 
the next 120s, while making continuous temperature measurements of both the sensors and the actuator. 
All data recording occurred at 5 Hz and processing used an adjacent-averaging filter with a 10-point 
sampling window. Two successive measurements each were made on skin directly overlying the shunt, and 
at a skin location adjacent to the shunt. The shunt was easily located, and alignment marks on the device 
allowed for easy alignment. An elastomeric enclosure around the device facilitated handling of the device. 
Details of each patient and their etiologies appear in Table S2.  
 
Fabrication of the sensor system  
Detailed fabrication steps appear in the Supplementary Materials. For both types of sensors presented here, 
fabrication began with spin-casting a sacrificial layer of poly(methyl methacrylate) (700 nm) onto a 4”, 
undoped Si-wafer. A dielectric layer, polyimide (PI, 3 μm) is then spun on. For the epidermal linear array 
(ELA), a single bilayer film of Cr/Au 10/100 nm deposited by electron-beam evaporation onto the wafer, 
and patterned by photolithography and etching formed the sensors and serpentine interconnects, in 
accordance with design rules in stretchable electronics [67-70]. For the epidermal square array (ESA), a 
bilayer film of Cr/Au 10/100 nm was photolithographically defined to form 100 resistive temperature 
sensing elements, arranged in a 10x10 array, around a central resistive thermal actuator. Successive 
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metallization and photolithography defined input and output lines to address each sensor, and a final 
dielectric layer of PI, spin cast and defined via photolithography and plasma-etching encapsulated the entire 
device. For both the ELA and ESA designs, spin-casting defined a final layer of PI layer (3 μm) also 
patterned in the geometry of the metal traces. A final RIE step isolated the outline of the device and opened 
via holes for wired connections to external data acquisition electronics. Immersion in an acetone bath 
undercuts the sacrificial PMMA layer, allowing for release and transfer via water soluble tape. The devices 
were then transferred to a thin, bi-layer silicone membrane (Ecoflex, 20 μm, Dow Corning, MG 7 1010 
Skin Adhesive, 20 μm), spin-cast onto a glass slide. Immersion in warm water dissolved the tape, and a 
spin-cast top layer of silicone (Ecoflex, 50 μm) completed the device. A thin (100 μm), double-sided sheet 
adhesive (JMS 1400, Label Innovations, Ontario, Canada) was laser structured to form an outline around 
the device.  This sheet adhered to the silicone and a handling frame, either in the form of a printed circuit 
board containing wireless transmission electronics, or a simple, thick, elastomeric frame to facilitate 
handling of the wired electronics. Anisotropically conducting films (ACF) established connections to wired 
data acquisition electronics. The sensor resistances were then calibrated to temperatures measured by IR 
imaging.  
Fabrication of Flexible Printed Circuit Boards 
Fabrication began with a commercially available, dense, tri-layer Cu/PI/Cu laminate (Pyralux, 6535, 
DuPont,18μm/75μm/18μm). Laser structuring (LPKF U4, LPKF Systems, Germany) patterned conducting 
traces and bond pads, with a resolution of 50 μm. Reflow soldering established electronic connections to 
commercially available SMD resistors and capacitors, along with a Bluetooth microcontroller (NRF 52, 
Nordic Semiconductor). 
Data Acquisition Systems 
Data were recorded from the ELA resistive elements via digital multimeters (DMM) (NI, USB 4065, 
National Instruments).  A constant current source supplied actuation power (Keithley 6220, Tektronix). A 
schematic of this system appears in Fig. C2. The ESA requires a voltage output module (NI 9264, National 
Instruments) that sequentially actuates each of the ten input channels with 3V, and a single- channel DMM 
to measure current. A red LED connected in series with each channel serves as a visual indicator of 
multiplexing and the status of each addressed channel. A mechanical reed relay module (J-Works, 2418, J-
Works Inc.) enabled time multiplex measurements from each of the ten channels. All data were recorded 
via custom software designed and programmed in LabView (National Instruments), and processed with 
custom algorithms in Matlab (Mathworks Inc., Natick, MA).  A schematic of this system appears in Fig S2.  
For the wireless embodiment a commercially available Bluetooth chip (NRF 52832, Nordic Semiconductor) 
performed all on-board control, data acquisition and transmission using a custom firmware. was performed 
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controlled by custom firmware wirelessly transmitted data to a smartphone (Samsung Galaxy S6) where a 
custom mobile application logged and displayed data 
Benchtop Experiments 
We constructed a phantom skin assembly for in vitro flow evaluation, with a distal shunt catheter 
(Medtronic, Minneapolis, MN, OD = 1.5 mm, ID = 0.75 mm) embedded in a matrix of PDMS (Sylgard 
184, Dow Corning) supported by a 3D-printed mold. Optical images of this assembly appear in Fig. C6, 
revealing hskin=1.1 mm. A calibrated syringe pump (Harvard Apparatus, Holliston MA) controlled the flow 
rate of waer. The syringe pump reached a steady state at a flow rate for 180s before each recorded 
measurement. Each measurement consisted of a 60s “off” period with Qactuator<0.001 mW/mm2, followed 
by a 600s actuation (“on”) period, with Qactuator=1.45 mW/mm2, followed by a 180s off period to return the 
sensor back to its baseline, pre-actuation temperature value. Simultaneously, IR images were recorded with 
an IR camera (FLIR Systems, a6255sc), with a high-magnification lens. Casting PDMS onto 3D printed 
molds with negative relief structures with defined heights yielded different phantom skin thicknesses that 
were used for the testing described above.  
ESA Temperature Map Generation: 
Data were recorded from ESA data acquisition system (described above) and converted to temperature 
values via calibration curves for individual ESA resistive elements. A custom MATLAB program 
generated a 2D array (10 x 10) of background-subtracted temperatures from these data for each 
measurement in a time-series recording. The known spatial coordinates of each sensor element facilitated 
transformation into a sparse square mesh array (170 x 170) of temperature pixels representing the 
physical ESA surface (17 x 17 mm; 10 px mm-1). A bicubic interpolation algorithm[71] populated the 
spatial array with interpolated temperature values that yielded the ESA spatial temperature map. 
Subsequent subtraction of the heater-on, no-flow steady state temperatures from all time sequence 
measurement points enhanced the visualization of flow-induced thermal anisotropy. 
Statistical Analysis 
Data are presented with average values and SD unless noted in the figure caption. Paired t-tests performed 
on SPSS (IBM Inc.,) compared thermal measurements in the presence and absence of flow. Principle 
Component Analyses (PCA) of the ESA data were performed using the R statistical language. Linear 
regression analysis of measured sensor data was used to generate temperature calibration curves for all 
sensors and to determine thermal conductivity using MATLAB. Quantitative flow analysis was conducted 
on measured data via fitting analysis in MATLAB using numerical relationships calculated via Finite 




4.3 RESULTS AND DISCUSSION  
Dense arrays for flow visualization  
Prior work from our group establishes the feasibility for using arrays of epidermal temperature sensors and 
thermal actuators to quantify anisotropies in thermal transport through the skin induced by macrovascular 
blood flow [21, 66]. The device architectures and fabrication schemes introduced here increase the number 
of sensors by nearly a factor of ten relative to this past work, and the density of these elements by a factor 
of four, using clusters distributed around a central thermal actuator to provide levels of precision and spatial 
resolution necessary for characterizing flow through shunts. A schematic illustration of this platform 
(epidermal sensing array, ESA) appears in Fig. 4.1A.  Optical micrographs of the key features are in Fig. 
4.1B. The device comprises a circular (R = 2.5 mm) thin-film metallic (Cr/Au 10/50 nm) actuating element 
surrounded by 100 circular (R = 0.25 mm) thin-film metallic (Cr/Au 10/50 nm) temperature sensors. Two 
layers of metallic traces (Ti/Cu/Ti/Au 20/600/20/25 nm) patterned in serpentine geometries define 
interconnects between the sensing and actuating elements, with polyimide (PI) as an interlayer dielectric. 
A film of PI (9 μm total thickness) patterned and aligned to the metal features serves as an encapsulation 
layer. A soft (70 kPa) elastomeric substrate (Ecoflex, 100 μm) provides a support for the ultrathin 
electronics. Connecting unique combinations of rows (to supply a sensing voltage, Vsup) and columns (to 
measure a resulting current, Imeas) enables individual addressing of each element in the array, as in Fig. 
4.1C. Operation of the thermal actuator, as seen in the IR thermograph in Fig. 4.1C, results in a 
spatiotemporal pattern of temperatures that can be captured by high-speed, automated interrogation of the 
sensors in the array.  Arrays in square geometries, with an equal number of input and output lines (10x10 
for the case illustrated here) mitigate effects of parasitic current pathways. Theoretical and experimental 
comparisons of current distributions in square and non-square arrays appear in Fig. C1, and an illustration 
of the data acquisition system appears in Fig. C2. The ease of fabrication and robustness of operation of 
metallic resistive sensor elements make them attractive options compared to semiconductor devices, 
composite organic thermistors and others[15, 72, 73]. The series of images in Fig. 4.1D highlights the 
mechanical compliance and physical robustness of these systems. 
Precise temperature measurements involve recording changes in resistance of each sensor in the ESA and 
converting the results to temperatures via a linear calibration (whose goodness of fit is illustrated by R2 
values shown in Fig. C3). Voltage (Vsup, 3V) and current (Imeas) are sequentially applied to, and measured 
from, each of the 10 rows and columns in the array respectively. For any given element in the array, the 
combination of a known supply voltage and measured current allows for the precise calculation of resistance 
and, therefore, temperature. The effects of directional flow through a small diameter catheter underlying 
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the device can be seen in the IR thermographs of Fig. 4.1E.  Here, thermal transport occurs most effectively 
along the direction of flow, thereby creating a pronounced anisotropy in the temperature distribution, with 
a magnitude that can be quantitatively related to the volumetric flow rate, as discussed subsequently. The 
layout of the sensing elements allows accurate measurements of this anisotropy for cases relevant to flow 
through subcutaneous shunts with typical dimensions. By comparison to previously reported platforms for 
sensing of blood flow, the high-density systems introduced here (1) obviate the need for perfect alignment 
with the underlying ventricular shunt, (2) facilitate the use of image processing techniques to visualize flow 
fields, and (3) allow for statistical approaches to interpreting flow based on the high density of information. 
The schematic illustration in Fig. 4.2A identifies two regions of the ESA (upstream, downstream), each of 
which contains a set of 50 temperature sensors.  Upstream and downstream refer to sensor position with 
respect to the flow direction and thermal actuator.  Here, Ui,j represents the temperature recorded by the 
upstream sensor at the ith row and jth column and Di,k the downstream sensor at the ith row and kth column 
where i ranges from 1 to 10 and j,k range from 1 to 5. As shown in Fig. 4.2A, the numbering for the j th 
column begins from the right while the kth column begins from the left to maintain physical representation 
of sensor position. Temperature differentials (ΔTi,m = Di,k – Ui,j; m ranges from 1 to 10) for each equidistant 
sensor pair with respect to the thermal actuator (where j = k, examples indicated by the paired colors in Fig. 
4.2A) define the degree of thermal anisotropy that results from flow. As shown in Fig. 4.2B, values of ΔT 
for sensor pairs A and B, which directly overlay the catheter, exhibit strong thermal anisotropy under two 
different flow conditions (0.02 mL min-1, 0.2 mL min-1) within an established range for CSF flow [28]. 
Sensor location B displays a higher sensitivity to flow than location A due to the reduced effect of direct 
thermal conduction from the actuator, relative to anisotropic thermal transport due to fluid flow.  
Measurements of ΔT for distal sensor pairs orthogonal to the flow direction show weak anisotropy (C) 
while distal pairs parallel to the flow direction (D) show an absence of flow-induced thermal anisotropy. 
This orientation dependence obviates the requirement for precise sensor alignment to tube direction due to 
the ESA sensor density and cardinal symmetry.  
A Principle Component Analysis (PCA) model (generated via R) provides a facile method for assessing 
both catheter position with respect to the ESA ordinate system and for confirming the presence or absence 
of flow (shown Fig. 4.2C). The PCA model, constructed from a time-series ESA measurement, uses ΔTi,k 
values to calculate the principle components (PC). ΔTi,k,t = Di,k,t – Ut where Di,k,t is the temperature for each 
sensor in the downstream sensor set at a particular time point (t) and Ut is the temperature at the same time 
point from a single upstream sensor. The first two components (PC1, PC2) describe approximately 92% of 
the overall variability of the data (70.5% PC1, 22.1% PC2) with the remainder (8% across PC3:PC50) 
associated with noise. PCA biplots (Fig. 4.2C) show projections of each ΔTi,k,t for two selected upstream 
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sensors (Top – orthogonal, distal sensor in red; Bottom – inline, distal sensor in red) at each measurement 
in an ESA time-series (same as Fig. 4.2B) in two dimensions using the first two principle components. Fig. 
4.2C reveals data clustering (95% confidence ellipses) corresponding to three experimental conditions: 
absence of flow without thermal actuation (flow off / heat off), absence of flow with thermal actuation (flow 
off / heat on), and flow with thermal actuation with separate clusters for different flow regimes (0.02 mL 
min-1, 0.2 mL min-1). As shown, these clusters are independent of the selected U sensor (additional biplots 
shown in Fig. C4 and S5). A comparison of the data clusters and principal components shows that PC1 
primarily relates to the degree of thermal actuation while PC2 relates to the presence or absence of flow. 
Mapping the variables to the PCA biplot indicates sensor correlation to flow. In Fig. 4.2C, an overlay of 
four variable factors corresponding to D sensors known to be proximal (red) and distal (blue) to fluid flow 
shows the positive correlation for the proximal sensors and negative correlation for the distal sensors to 
flow for both orthogonal and inline U sensors. PCA offers a strategy to mitigate effects of ESA 
misalignment by determining the U sensor that yields the maximal separation between no flow / flow data 
clusters (along the PC2 axis). As observed in Fig. 4.2C, the inline U sensor strongly separates these cluster 
groups as compared to the orthogonal U sensor. In this manner, for scenarios without a priori orientation, 
PCA offers a straightforward means for evaluating correlations between U and flow state and, therefore, 
orientation of the catheter relative to the ESA. 
The density of the ESA enables spatial mapping of the temperature anisotropy that results from flow. These 
maps result from the processing of raw measurements from the ESA as outlined in Fig. 4.2D. First, by 
converting the raw ESA measurements (Imeas) to resistance and then temperatures by linear calibration 
(curve a priori established for each sensor of the ESA, process described in detail in note S3 and Fig. C6), 
the temperature values can be mapped to the physical spatial coordinates of each sensor on a simulated 
square “pixel” array larger than the ESA (grid:17 mm x 17 mm, 10 px mm-1) resulting in a 170 x 170 x N 
matrix for a time-series measurement of N frames. Conversion to Tnormalized results (bolded variables 
correspond to time-series matrices) from the subtraction of the background temperature Tbackground from each 
frame. The temperature map results from fitting a surface to the measured Tnormalized values for each frame 
via meshed bicubic interpolation (boundary conditions Tnormalized = 0 from IR thermograph). Subtracting 
the actuator temperature and resulting isotropic heat transfer temperatures (Tactuator) from Tnormalized for 
every frame enhances visualization of flow-induced anisotropic thermal transport. Fig. 4.2D compares the 
ESA temperature maps with IR thermographs (same scale) in the absence (left) and presence (right) of flow 
(0.02 mL min-1). As seen via the sensor overlay in each image, the high density of the ESA enables good 
fidelity in visualizing the thermal anisotropy over the embedded catheter. Although experiments with 
patients do not typically allow for direct measurements of the flow and no-flow cases, theoretically derived 
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or a priori measured “calibration” Tactuator facilitates the type of analysis described here, as described in 
supplemental note S3.  
 
Quantitative analysis of flow  
Full mapping results obtained with the high-density ESA suggest means for simplifying the sensor to allow 
rapid measurements in a low-cost platform that consists only of an actuator and a pair of sensors, located 
1.5 mm upstream (Tupstream) and downstream (Tdownstream) of the actuator respectively, which we refer to as 
an epidermal linear array (ELA).  In this system, the actuator simultaneously serves as a temperature sensor 
and the measured temperature of the actuator, Tactuator, yields a useful normalizing factor that facilitates data 
analysis independent of actuation power. Use of this system with a benchtop model allows for the controlled 
exploration of the effects of flow, thermal and geometric parameters. A schematic illustration of the device 
and evaluation set-up appear in Fig. 4.3A, with optical images of a representative benchtop system in Fig. 
C7. Operating the actuator at a controlled, low-power (1.35 mW mm-2) level creates heat that diffuses 
through the silicone skin phantom at a rate governed by the thermal diffusivity of this material, αskin. A 
scaling law that graphically illustrates the depth of penetration of this thermal field into the phantom appears 
in Fig. C8. Here, the phantom can be treated as a semi-infinite solid [74] that approaches a quasi-steady 
state equilibrium over relatively long (~400 s) times with a corresponding penetration depth of ~6 mm, 
though in a practical sense, the thermal anisotropy is clearly measurable well before this time, as the time 
taken to achieve 63.7% (τ) of the steady-state value is ~40 s, as shown in Fig. C9.  The transient sensor and 
actuator responses after actuation (ΔTsensors =Tsensor(t)-Tsensor(tactuation), ΔTactuator= Tactuator(t)-Tactuator(tactuation)) for 
different flows (QCSF) appear in Fig. 4.3B. In the absence of flow (QCSF=0) thermal transport from the 
actuator occurs equally in the ∓x,∓y and -z directions, resulting in equal values for ΔTupstream and 
ΔTdownstream. This regime appears in the unshaded portion of Fig. 4.3B. The presence of flow leads to a non-
monotonic effect on ΔTupstream and ΔTdownstream. At low flow rates (0 ml min-1 <QCSF < 0.05 ml min-1 ), the 
fluid transports heat from the actuator preferentially to the downstream sensor and away from the upstream 
sensor, resulting in a measured increase in ΔTdownstream, and decrease in ΔTupstream, as seen in the blue shaded 
region in Fig. 4.3B. The resulting thermal anisotropy, (~ 1K), is two orders of magnitude above the 
temperature resolution of our sensors (0.02K), as shown in extensive prior work [15]. At higher flow rates 
(0.05 ml min-1 <QCSF <1 ml min-1), the convective effects of the fluid dominate, leading to a net cooling 
effect on both sensors, but at different rates, with ΔTupstream equilibrating at a lower value than ΔTdownstream 
,as seen in the red and black shaded regions in Fig. 4.3B. The actuator is convectively cooled by the fluid 
at a rate governed by the magnitude of the flow, resulting in reductions of ΔTactuator in the presence of flow 
as shown by the blue curve in Fig. 4.3B. These effects appear in the normalized quantities Tupstream/ Tactuator 
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and Tdownstream/ Tactuator, shown for a complete range of physiologically relevant values of QCSF in Fig. 4.3C. 
The non-monotonic effects of flow for different skin thicknesses (hskin) increase and decrease when 
considering the difference between the sensors (ΔTsensors/ Tactuator) and their average (T̅sensors/Tactuator), 
respectively, as shown in Figs. 4.3D-E. Here, ΔTsensors/Tactuator and T̅sensors/Tactuator are measures of thermal 
anisotropy and flow magnitude, respectively. Taken together, these quantities allow for determination of 
flow rate and can be used to distinguish degenerate points on either side of the peak values shown in Fig. 
4.3D.  
The thickness of the skin (hskin) represents an important geometric parameter. As shown in Figs. 4.3D-E, 
increasing hskin decreases the effects of flow on the sensor responses, simply due to the finite depth of 
penetration of the thermal field.  Although transient techniques can be used to determine hskin from thermal 
measurements, in practice, hskin can be measured directly using CT and Doppler ultrasound, as discussed 
subsequently. Typical ventricular catheters are implanted subcutaneously, as validated by radiographic and 
ultrasound imaging, at depths of 1-2 mm well within the range of detectability. Recent work [20] has 
established a set of design considerations and algorithms for extracting depth-dependent thermal properties 
of soft-tissue to depths of up to ~6 millimeters. To account for patients with varying habitus, or extreme 
skin thickness, results from in vitro trials on our phantom skin assembly showcase the ability of the ELA 
to make measurements at depths of up to 6 mm, as shown in Fig. 4.3F, with further results in Fig. C10.  
The power/area of the actuator (Pactuator) represents an important design consideration.  Increasing Pactuator 
improves the signal to noise ratio (SNR) of the measurements, but biological considerations set an upper 
limit for non-invasive use. The effects of Pactuator on SNR appear in Fig. 4.3G, where the signal is an averaged 
measurement over 60 s (measured at 5 Hz) of ΔTsensors / Tactuator for a flow rate of 0.13 ml min-1.  The noise 
is the standard deviation (σ60s) computed to three significant digits. At sufficiently high values of Pactuator 
(Pactuator>1 mW mm-2) the advantages of increased actuation power diminish, and the noise stabilizes at 2% 
of the measured signal. This power-invariant noise arises primarily from sampling noise inherent to the 
DAQ and from the time-dynamic effects of convection. The effect of increased Pactuator on Tsensors and on 
Tactuator  appear in Fig. C11, demonstrating (1) a linear relationship between Pactuator and Tactuator and (2) the 
diminishing effects of increased Pactuator on the measured (Tdownstream -Tupstream).   
The thermal conductivity (kskin) and diffusivity (αskin) of skin also represent unknowns, with human 
skin exhibiting a range of 0.3 W m-1K-1<kskin<0.5 W m-1K-1 and 0.07 mm2s-1< αskin<0.15 mm2s-1 [16]. 
Analytical curve fitting of the transient actuator temperature response, ΔTactuator to well-studied functional 
forms [13] yields these two quantities, as shown in Fig. 4.3H, for two  phantom skins (Sylgard 184, Sylgard 
170, Dow Corning Inc.) with thermal properties that bound this range. The measured values of ΔTsensors/ 
Tactuator  are nearly identical for these two cases, while the increased rates of thermal transport associated 
67 
 
with Sylgard 170 increases the cooling effect of the fluid, thereby reducing the values of T̅sensors/Tactuator as 
shown in Figs. C12-13 and discussed in note S6.  Ventricular catheters are constructed from standard 
medical-grade silicones, and their thermal properties are assumed to be known a priori (kcatheter = 0.22 W 
m-1K-1, αcatheter= 0.12mm2s-1) [75]. Finally, catheter geometry and the thermal properties (kCSF, αCSF) of the 
CSF strongly influence the ultimate measurement, but they can also be assumed to be known a priori. A 
complete list of all relevant thermal and geometric properties relevant to precise flow measurement, as well 
as their mode of acquisition appears in Table S1.  
Additional experiments quantify the convective heat transfer coefficient (Hconv= 20 W m-2K-1, Fig. C14), 
the tolerance in positioning to achieve <20% error (20˚ rotational tolerance, 0.5 mm translational tolerance, 
Fig. C15), the effect of sensor distance from the actuator (Fig. C16) and the high- and low-frequency noise 
introduced by the data acquisition system as a function of sampling window, motion, convection and ACF 
cable and near-surface blood flow (Figs. C17-C21).    
 
Wireless data acquisition via Bluetooth 
Wireless data acquisition represents a key advance over previous demonstrations of epidermal temperature 
and flow sensors. Optical images of the wireless system appear in Figs. 4.4A-C, demonstrating its flexibility 
and size. The fabrication approach integrates soft, stretchable, low-modulus (~1 MPa) sensing components 
with flexible printed circuit boards (PCBs), that offer the robustness required to support critical commercial 
wireless electronic components, such as batteries, Bluetooth chips, power regulators and others. Taken 
together with a soft, easily removable skin-safe adhesive, this design affords advantages offered by both 
‘epidermal’ electronics (low thermal mass, conformal contact), and the scalability offered by significant 
recent advances in flex-PCB manufacturing, yielding system level flexibility, and localized softness and 
stretchability at the senor. An optical image of a volunteer wearing the device appears in Fig. 4.4C. The 
entire system mounts on skin via a medical grade acrylate-based sheet adhesive (3M Inc.), with an adhesion 
energy (880 N/m) far higher than the work of adhesion required to induce delamination at 15% strain (~ 5 
N/m), the yield strain of skin, while allowing for non-irritating contact and easy removal.  
An electronic schematic of the system appears in Fig. 4.4D. Subtle changes in resistance (<1Ω) that result 
from changes in temperature appear as changes in voltage (Vg) across the arms of a Wheatstone bridge. The 
total increase in temperature measured (~3 K) during actuation results in Vg <10 mV, which is comparable 
to the resolution of an analog-to-digital converter (ADC) with a full-swing 3.3V range and 10-bit resolution 
(3.3V/210 =3.3 mV resolution), and lower than the resolution limit of an 8-bit ADC (3.3V/28 = 12 mV). An 
operational amplifier (AD 4505, Analog Devices) amplifies this signal across the 3.3 V range to achieve 
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the required sensing resolution.  The resistances of the non-sensing arms of the bridge can be tuned to bring 
the measured changes within the range of the ADC, and a custom circuit simulation (LTSpice, Analog 
Devices) allows for facile fine-tuning of the circuit prior to assembly.  
A Bluetooth communication protocol is attractive due to its long range and compatibility with standard 
smartphones and tablet computers. A commercially available Bluetooth transmitter (NRF 52832, Nordic 
Semiconductor) digitizes and transmits this signal with 200 Hz sampling frequency to a custom smartphone 
application, shown in Fig. 4.4D). A miniaturized, rechargeable, Li-polymer battery supplies power, and is 
regulated by a lower-dropout (LDO) regulator, resulting in a stable, 3.3V output. Thermal actuation results 
via voltage supply to the actuator, resulting in an output power that can be facilely tuned via Wheatstone 
bridge calibration, and voltage output from a general-purpose input/output (GPIO) pin. An example of this 
appears in Fig. 4.4E, with 3.6 mW of actuating power resulting in a localized temperature rise of 8K on a 
silicone skin phantom, as measured via IR thermograph. In vitro experiments demonstrate the effects of 
flow on measured temperatures, as shown in Fig. 4.4F where the presence of flow (Q = 0.13 ml min-1) 
through an underlying catheter results in a clear change in an adjacent sensor, as shown in the wirelessly 
collected data in Fig. 4.4G. Conversion of the raw, measured ADC values to temperature proceeds via a 
simple linear calibration, as shown in Fig. 4.4D for two sensors on the same device, upstream and 
downstream of the catheter, acquired simultaneously with an 8-bit ADC. Taken together with the actuator, 
the utility of the system in performing wireless flow measurements is shown in Fig. 4.4E, where Tdownstream-
Tupstream is shown for two flows as a function of time.  
Near-term goals in clinical monitoring inform key device features. Fully assembled, the wireless ELA is 
1.8 x 4.1 cm in size, with a thickness that varies by location (4 mm at the battery, ~ 100 μm everywhere 
else) and weighs 680 mg, with nearly half of this value from the battery (330 mg). During operation, the 
system consumes 6 mA of current. The rechargeable Li-polymer battery supplies 12 mAh at 4.2 V, 
resulting in a total working time of ~ 2 h. Typical monitoring requires 5 min, resulting in battery life of ~6 
days. The capacity can be readily increased via the use of a larger battery.  
The Bluetooth chip (NRF52832, Nordic Semiconductor) has 8 ADC pins, in addition to 20 GPIO pins, of 
which we use 2 and 1, respectively, suggesting straightforward pathways to expand the platform to realize 
fully wireless large-array sensors for complete spatial mapping using digital multiplexing schemes that 
utilize commercially available solid-state multiplexer/demultiplexer units.[76]. 
A comparison between the wired and wireless embodiments, with their associated data acquisition schemes 
is in Fig. C22. The functionality of the bulky wired data transmission, recording and power transmission 
electronics is entirely transferred to the miniaturized design shown here. Images and videos of the wireless 
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system functioning via pairing with a smartphone application are in Fig. C23 and videos S1 and S2 
respectively.  
Human studies for the evaluation of ventricular shunt function 
Experiments on five shunt recipients with varying pathologies demonstrate the clinical utility of these 
measurement platforms. The device designs address three needs: (1) ease of handling for the surgeon to 
ensure facile placement and removal, (2) comfort for the patient during application, operation and removal, 
and (3) robust mechanical and thermal coupling to the skin. A schematic illustration of the resulting 
embodiment appears in Fig. 4.5A, showing the ELA and ultrathin elastomer substrate (100 m, Ecoflex + 
MG7 1010 Adhesive) supported by an elastomeric frame (2 mm, Sylgard 170). These platforms adhere 
robustly and non-invasively to the skin where a device maintains conformal contact with the skin even 
under extreme deformations.  Successive measurements involve placement on the skin over the distal 
catheter (‘on-shunt’), and at a location adjacent to the distal catheter (‘off shunt’). The off-shunt 
measurement has two key uses: (1) it serves as a control for comparison to the on-shunt measurement and 
(2) it allows for the measurement of skin thermal properties without the influence of flow. Fig. 4.5B 
schematically illustrates the on-shunt and off-shunt location. Locating the catheter and positioning the ELA 
can typically be accomplished via touch in superficial regions, with further validation, as necessary, in the 
form of images generated by a hand-held Doppler ultrasound machine (Sonosite Inc., Bellevue WA).  A 
representative Doppler image of the catheter appears in Fig. 4.5B (inset).  Linear markings on the device, 
visible in Fig. 4.5B, allow for easily alignment of the central axis of the actuator and sensors with the 
underlying shunt. Although the shunt is not visible under the skin, its ends can be easily aligned to the 
markings on the device via touch.  Low-power actuation (1.3 mW/mm2) ensures maximum temperature 
increases of <5˚C, as confirmed by IR images in Fig. 4.5C.  These values are well below the threshold for 
sensation, in accordance with IRB-approved protocols. Markers in Fig 5B identify mounting locations in 
Fig. 4.5C.  The results show a characteristic tear-drop distribution of temperature, consistent with flow.   
In a simple binary sense, the presence or absence of flow corresponding to shunt functioning or failure can 
be immediately determined simply by observing the presence or absence of thermal anisotropy. Measured 
values of ΔTsensors/ Tactuator appear in Fig. 4.5D for on-shunt and off-shunt locations for all 5 patients.  
Anisotropy appears clearly for all working shunts. Error bars correspond to standard deviations computed 
over 100 samples. Details of each patient’s etiologies and results are in Table S2, and raw, measured values 
of for ΔT sensors/Tactuator and ?̅?sensors/Tactuator for each patient are in Table S3.  
 Averaged values of ΔTsensors/ Tactuator on on-shunt and off-shunt locations, for cases with surgically 
or clinically confirmed flow appear in Fig. 4.5E, with error bars representing standard deviations. A paired 
t-test reveals differences (P*=0.012, N=5) between measurements made in the presence and absence of 
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flow respectively. Confidence intervals, t-values and standard error (SE) are in Table S4. Raw readout from 
the temperature sensors and actuator are in Fig. C24, with images of the wired DAQ used for clinical studies 
appearing in Fig. C25, in vivo measurements of skin thermal properties appearing in Fig. C26, and simple 
validation studies on an external ventricular drain (EVD) appearing in Fig. C27.   
Studies by X-Ray, MRI and CT imaging validate the measurements. Figure 6A corresponds to a patient (F, 
36) with a shunt malfunction suspected to be due to a kink in the distal catheter, and later confirmed by the 
X-Ray and RSPS images. Surgical intervention relieved the kink, causing a dramatic, visible increase in 
flow, as shown in the optical image in Fig. 4.6B. The continuous presence of flow was further confirmed 
via post-operative X-Ray and RSPS, revealing a straightened distal catheter and a clear trace beyond the 
valve, as shown in Fig. 4.6C. Placement of the ELA at on- and off-shunt locations respectively, revealed 
no flow before the revision, consistent with X-Ray and RSPS imaging. Post operatively, the off-shunt 
measurement showed no appreciable changes, while the on-shunt measurement showed the clear presence 
of flow, as shown in Fig 6D.  
The quantitative extraction of flow rates from such data can be accomplished via fitting to FEA models that 
use measurements of kskin and αskin, ΔT sensors/Tactuator and ?̅?sensors/Tactuator  and a priori knowledge of the inner 
and outer diameters of the catheter, and its thermal properties kcatheter and αcatheter. A demonstration of this 
approach appears in Fig. 4.7A, where kskin and αskin  (measured in vivo to be 0.29 W m-1 K-1 and 0.091 mm2 
s-1 respectively) and hskin  (measured via CT imaging to be ~1.5 mm, Fig. C28) are inputs into an FEA model 
to generate curves for ΔT sensors/Tactuator and ?̅?sensors/Tactuator. The experimentally measured values of 
ΔTsensors/Tactuator and ?̅?sensors/Tactuator fit to the computed curves yield a nearly perfect match, for a flow rate of 
0.10 ml min-1.  In practice, experimental uncertainties in fitted values of hskin, kskin and αskin demand the use 
of multiparameter fitting models that treat the above quantities as fitting parameters within a fixed, defined 
range. Practically, the precise determination of subtle, real-time changes in flow through a shunt, as an 
indicator of healthy, intermittent or obstructed flow respectively, takes precedence over an accurate 
measurement of true flow rate. We detail a simplified approach that defines an effective flow rate as 
measured by our sensor.  Here, kskin and αskin assume known values and calculations yield a family of FEA 
curves for different skin thicknesses. Iterative fitting of experimental data points to this set of curves yields 
a flow rate, with the self-consistency requirement that the experimental values match curves for ΔT 
sensors/Tactuator and ?̅?sensors/Tactuator at the same values of Q and hskin, as shown in Fig 7B.  
In vivo data shown in Fig. 4.7C demonstrate the utility of precise, effective flow rate measurements. 
Physician assessment and expected values of flow[28] for functioning and non-functioning shunts serve as 
qualitative validation of these results. In patients 1 and 5, surgical observations confirmed our data. 
Assessments of Patient 1 prior to corrective surgery, and as in Fig. 4.6, indicated a shunt malfunction, 
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consistent with ELA measurements (0.01 ∓ 0.01 ml min-1). Measurements after a surgical revision revealed 
a flow rate of 0.06 ∓ 0.02 ml min-1. Patients 2 and 3 were not suspected of shunt malfunction and exhibited 
flow rates of 0.36 ∓ 0.04 ml min-1 and 0.13 ∓0.02 ml min-1 respectively, well within established ranges for 
healthy CSF flow [28]. Patient 4, was initially measured to have occluded flow (0.013 ∓ 0.002 ml min-1). 
This patient had experienced severe and prolonged constipation for the past week and clinically deteriorated 
due to a likely pseudo-obstruction. Long term constipation can decrease the resorptive ability of the 
peritoneum due to increased intraabdominal pressure and a decreased pressure gradient from ventricle to 
peritoneum [77]. After administering a rigorous bowel regimen, the patient’s mental status improved, and 
a subsequent measurement revealed healthy flow (0.16 ∓ 0.02 ml min-1) Patient 5 was suspected to have 
shunt malfunction, and thermal measurements revealed highly occluded flow (0.027 ∓ 0.005 ml min-1 ), 
which was later surgically confirmed. (For these studies, the sensors were not used to make clinical 
determinations).  In patients 4 (pre-bowel examination) and 5 (pre-surgery), the results of the measurements 
were blinded to the physician assessment. These results appear in Fig. 4.7C. In a practical sense, 
uncertainties in these measurements can largely be eliminated by establishing baseline healthy flow for 
each patient, either immediately post operatively or during a routine checkup during which the patient is 
not suspected of shunt malfunction. In this way, relative changes in flow can easily be assessed without 
requiring precise flow rates, and follow-up measurements can distinguish between healthy flow, 
intermittent flow, obstructed flow and total shunt failure. A computationally simple, multiparameter fitting 
model for true flow rate determination forms the basis of future work. 
Error, Noise and Uncertainty 
A detailed description of the noise sources inherent to the data acquisition system appears in supplemental 
note S8. This inherent noise, taken together with factors that attenuate the signal, such as the effects of skin 
thickness, convection and in-plane heat dissipation, contribute to a total noise in benchtop flow 
measurements of  ΔT sensors/Tactuator of ~2% of signal in uncovered measurements as shown in Fig. C18.  
In vivo measurements introduce significant noise due to motion of the subject that result in bending and 
deformation of the ELA and of the interface between the ultrathin, soft device and ACF cable. These effects 
appear in Fig. C19, with optical images illustrating the ELA over deformed and undeformed skin appearing 
in Fig. C19A. Time and frequency domain temperature data measured over 400s on a stationary subject 
appear in Figs S19 B-D demonstrating primarily low-frequency natural temperature oscillations of 0.2 K, 
consistent with previous reports [15]. While convection could pose another potential source of noise, this 
affects both sensors and the actuator equally, and as such, these changes will largely disappear in analysis 
approaches that rely on differentials between these two quantities. Deliberate deformation results in 
characteristic noise associated with vigorous motion, gentle motion, strain on the ELA and complete 
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delamination, as shown in Figs. C19E-G. In practice, mechanical motions of the ACF cable and induced 
stresses/strains at the soft bond pads created by motions of the patient are the primary sources of noise, 
which we measure in vivo, on average, to be 9-10% of the measured ΔT sensors/Tactuator signal for all patients 
(on on-shunt locations).  Elimination of the ACF cable, through wireless embodiments, or enhancements 
of its interfaces to the bond pad with soldered connections may mitigate these effects.  
Altered inter-sensor distances due to the stretchability of the sensor represent another source of uncertainty. 
As shown in Fig. C16, the peak sensitivity to flow changes occurs at L = 2.5 mm upstream and downstream 
from the edge of the actuator. Uniaxial strain of 15% (the yield strain of skin), at this distance corresponds 
to a positional uncertainty of ∓0.375 mm, and while this results in an uncertainty in flow determination of 
~10%, it does not compromise the ability to unambiguously determine the presence or absence of flow. 
Additionally, our use of a medical-grade adhesive silicone ensured that the sensor did not move laterally in 
relation to the catheter. A complete discussion of the technical challenges faced during the clinical trials 
and their solutions is in Table S5 and note S9 in the SI.  
Comparison to recent technologies  
A commercially available sensor (ShuntCheck) offers an alternative to imaging-based diagnostic tools[50, 
52, 59, 78]. The system comprises a cooling pack that is held against the skin over the distal catheter, with 
conventional, bulk temperature sensors attached to the skin downstream, along the direction of the catheter. 
The pack cools flowing CSF, thereby decreasing the temperature of the downstream sensor. Although this 
system has high specificity (~100%)[52] and sensitivity (80%), it suffers from key limitations. First, the 
embodiment is bulky and offers a poorly coupled sensor-skin interface that demands the use of a large pack 
(2.5 cm x 2.5 cm) and significant cooling.  This requirement, together with a conventional, large-scale data 
acquisition (DAQ) system, decreases the usability of the system and prevents continuous, long-term 
measurements, precluding the ability to measure intermittent flow and use patients’ past data as a reference. 
Second, the measurements are semi-quantitative, without an ability to account for key factors such as skin 
thickness, skin thermal properties and device layout. Taken together, these factors lead to overall patient 
discomfort and prevent straightforward interpretation of data[52]. A comparison of existing diagnostic 
techniques is in Table S6.   
Limitations of our study 
For robust, reliable clinical monitoring, we recognize, the need for careful validation to study a range of 
long-term factors, such as body-habitus, collagen scar tissue formation or calcification of the shunt, and 
how they interfere with our measurements. However, to a reasonable approximation, these changes will 
affect the upstream and downstream temperature sensor equally and as such, these changes will largely 
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disappear in analysis approaches that rely on differentials between these two quantities. Additionally, while 
our measurements of flow are statistically significant (P*<0.05), the low-sample size represents an 
important caveat, and suggests the need for a larger-scale study to further validate our findings. Finally, we 
recognize the need for clinical validation of our wireless embodiment, which, along with the need for larger 
sample size, inform the design of a larger clinical trial based entirely on the wireless embodiment. 
Implications for hydrocephalus treatment and research 
Overall, the skin-like, precision sensor systems introduced here have the potential to represent a paradigm 
shift in clinical diagnostics of shunt malfunction. Compared to radiographic imaging, invasive sampling, 
and ice-pack cooling, these platforms are unique in their integration of precision, soft, thermal sensors with 
wireless transmission capability. By exploiting advanced concepts in the measurement of thermal 
anisotropy and skin-conformal epidermal electronics, these devices can provide further quantitative modes 
of use beyond opportunities afforded by the embodiments studies here. For example, comparison of 
measured, quantitative flow rates from the ELA can used in conjunction with a manufacturer-supplied 
calibration chart to measure ICP. Additionally, prior work has established the suitability of related device 
in measurements of near-surface blood flow, which can be applied to study neural blood supply.  
Many poorly understood conditions stem from neurological hydrodynamic dysfunction, including normal 
pressure hydrocephalus (NPH), idiopathic intracranial hypertension. By understanding individual flow rates 
















4.4  FIGURES 
 
 
Figure 4.1. Soft, skin-mounted wearable device for non-invasive, continuous or intermittent 
measurement of flow through cerebrospinal shunts. A. Exploded view illustration of a platform that 
incorporates a central thermal actuator surrounded by one hundred precision temperature sensors, over 
skin with an underlying shunt catheter. B. Optical micrograph of the device, showing thermal actuator 
(surrounded by red dashed line), with enlarged images showing stretchable, serpentine interconnects 
(bottom-left) and individual resistive temperature sensors (bottom-right)  C. Infrared (IR) thermographs 
collected during addressing of an individual sensor (left), and thermal actuation with a power of 1.8 
mW/mm
2
, with representative voltage supply line (Vsup) and current measurement line (Imeas) marked in 
red and green, respectively. D. Optical images of a device, over the shunt during deformation to 
illustrate the robustness of the soft adhesion to the skin on a seated subject 2 cm above the clavicle, 
indicating the orientation of the subject, the location of the conducting, thin-film cable (not shown), and 
the edge of the silicone substrate of the shunt. E. IR thermographs with color and contrast enhancement 
to highlight the spatial isotropy of the distribution of temperature in the absence of flow (top) and the 




 Figure 4.2. Visualization of flow and measurements using an ESA. A. Schematic map of a device, 
with indication of the tube position and the temperatures at upstream (Tu) and downstream (Td) locations. 
B. Temperature differentials of four sensor pairs after baseline subtraction, as shown by the color coding 
in A. C. Principal components analysis (PCA) biplot (principle component 1 and 2) of baseline-subtracted 
differentials between a selected Tu sensor (two sensors, each indicated in inset one off the catheter, one on 
catheter as indicated) and each Td sensor. Clustering occurs for the following cases: no flow and no 
actuation; no flow with actuation at 1.8 mW mm-2; actuation at 1.8 mW mm-2 and flow at 0.02 ml min-1; 
actuation at 1.8 mW mm-2 and flow at 2 ml min-1. Vectors correspond to selected Td sensors correlated 
positively (red) and negatively (blue) with flow. D. Flow chart of the process for transforming raw ESA 
sensor data to spatially precise temperature maps. E. Thermographs from IR imaging (top) and ESA-
generated temperature maps (bottom), in the absence (left) and presence (right) of 0.02 ml min-1 flow 








Figure 4.3. Systematic characterization of the effects of geometry, thermal properties, flow rates. A. 
Optical image of epidermal linear array (ELA) overlaid with an illustration of a catheter and a blood 
vessel (top) and schematic illustration of a benchtop system illustrating key features, including thermal 
properties of the skin phantom, CSF flow (Qflow) and skin thickness (hskin). B. Temperatures measured 
after the onset of heating for the actuator (blue curve), the downstream sensor (black curve) and the 
upstream sensor (red curve) for four values of Qflow - 0 ml min-1 (unshaded region), 0.05 ml min-1 (blue 
shaded region), 0.1 ml min-1 (gray shaded region) and 0.5 ml min-1 (red shaded region). C. Tsensors/Tactuator 
for the upstream (red) and the downstream (black) sensors across a range of flow rates from 0.01 ml min-1 
to 0.1 ml min-1. D. ΔTsensors/Tactuator=(Tdownstream-Tupstream)/Tactuator for a range of Qflow from 0.01 ml min to 0.1 
ml min-1 for three anatomically relevant values of hskin, 1.1 mm (black curve), 1.7 mm (red curve) and 2.1 
mm (blue curve). E. ?̅?sensors = (Tdownstream+Tupstream)/2Tactuator for the same Qflow and hskin values as in D. F. In 
vitro experimental measurements of ΔTsensors/Tactuator for hskin= 1.1 mm, 1.7 mm, 2.1 mm and 6.0 mm for 4 
flow rates, Qflow = 0 ml min-1 (black curve), 0.05 ml min-1 (red curve) ,0.1 ml min-1 (blue curve) and 0.5 
ml min -1(pink curve).  G. Ratio between signal (ΔTsensors/Tactuator) and noise (standard deviation, σ) 
measured for Qflow = 0.1 ml min over a 60 s sampling window, at a sampling frequency of 5 Hz, as a 
function of normalized actuator power for three different values of hskin, 1.1 mm (black curve), 1.7 mm 
(red curve) and 2.1 mm (blue curve).  H. In vitro experimental measurements (solid lines) and analytical 
fits (dashed lines) for ΔTactuator as a function of time for Qflow = 0 for two different skin phantoms, Sylgard 





Figure 4.4. Wireless data acquisition A. Optical micrograph of fully assembled, integrated wireless 
ELA showing soft, conformal sensing/actuating components, flexible printed circuit board (flex-PCB, 
Cu/PI/Cu) and surface-mounted electronic components. B. Optical image of device bending, showing 
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(Fig. 4.4 Cont.) flexibility. C. Optical image of device mounted on skin using medical-grade, acrylate-
based pressure-sensitive adhesive. D. Schematic illustration of analog front end, analog-to-digital 
converter (ADC), Bluetooth (BLE) transmission electronics and 3.3 V power supply with custom 
smartphone application for real-time data readout and logging (right). E. Raw sensor readout in measured 
bits from an 8-bit ADC during actuation and flow. C. IR-measured temperature rise due to 3.6 mW 
actuation on the phantom shunt assembly. F. Calibration curve to measure raw 8-bit, 3-Volt ADC values 
(left) and associated voltages (right) to temperatures via calibration. G. Difference in Tupstream and 
Tdownstream acquired wirelessly as a function of time for two different flows, Q = 0.05 ml min-1 and Q = 

























Figure 4.5. Patient trials. A. Exploded view illustration of an ELA designed for use in a hospital setting, 
with elastomeric handling frame and adhesive. B. Illustration (left) and image (right) of on-shunt (     ) 
and off-shunt  (    ) ELA positioning on a patient, with representative Doppler ultrasound image (inset) of 
the catheter under the skin at the on-shunt location. C. IR images at on-shunt (top) and off-shunt (bottom) 
locations indicating the local increase in temperature induced by the actuator, and characteristic tear-drop 
shaped heat distribution caused by the presence of flow. D. ΔTsensors/Tactuator measured for each patient, at 
off-shunt and on-shunt locations. E. Computed mean of  ΔTsensors/Tactuator on N=5 patients with clinically or 
surgically confirmed flow, on off-shunt and on-shunt locations, with error bars representing S.D. 
Statistical analysis was performed using a Paired t-test (N=5) for on cases with confirmed flow, over on-





Figure 4.6. Case study of a patient with shunt malfunction. A. X-Ray and radionuclide tracer showing 
kinking and occlusion of catheter. B. Optical image of patient’s peritoneal cavity immediately after 
surgery showing flow in repaired shunt. C. X-ray and radionuclide tracer confirming proper operation of 
the repaired shunt. D. ΔTsensors/Tactuator measured by ELA at locations over (on) and adjacent to (off) the 






Figure 4.7. Computation of flow rates. A. FEA-computed values of ΔTsensors/Tactuator and ?̅?sensors/Tactuator 
using values of hskin = 1.5 mm (acquired from CT imaging) and kskin= 0.29 W m-1 K-1 and αskin = 0.091 
mm2s-1 acquired in-vivo from a patient as shown in Fig. 4.5, overlaid with experimentally measured 
points from the same patient, yielding a flow rate of 0.1 ml min-1.  B. FEA-computed family of curves of 
ΔTsensors/Tactuator (top) and ?̅?sensors/Tactuator  (bottom) for different skin thicknesses with data measured in-vivo 
from each patient, assuming k = 0.32 W m-1K-1 and αskin = 0.1 mm2s-1. C. Computed flow rates from 
iteratively solving for both ΔTsensors/Tactuator and ?̅?sensors/Tactuator.  The error bars represent average 
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SOFT, SKIN MOUNTED DEVICES FOR CONTINUOUS FLOW MONITORING THROUGH 
VP SHUNTS AND OTHER BIOLOGICAL FLOW CONDUITS 
5.1 INTRODUCTION 
Results from prior chapters illustrate the broad utility of flow sensing in the determination of 
cerebrospinal fluid flow. CSF Flow is well-known to flow intermittently[1] through ventricular shunts, 
but in ways that are unique to each individual patient. Extensive studies on patients with external 
ventricular drains [2] have demonstrated the dependence of CSF flow on a range of factors that include 
age, weight, position and activity level. Existing technologies to monitor flow, including ice-pack 
mediated cooling [3-5] and imaging modalities such as magnetic resonance imaging (MRI) and computed 
tomography (CT) can make one-time measurements that do not account for time dynamic variations due 
to shunt intermittency. Consequently, these techniques suffer from high rates of false positives for shunt 
failure [6]. The ability to make continuous measurements that completely overlap these periods of 
intermittency, typically on the order of 20 minutes, therefore represents a key advance in the 
understanding of CSF hydrodynamics in shunted hydrocephalus. 
The technologies presented in previous chapters present a promising alternative, exploiting measurements 
of thermal transport to make determinations about both the presence/absence of flow, and the relative 
flow rate, in a manner that is entirely noninvasive and skin mounted. However, translating these 
technologies into clinical settings where they may find broad adoption from physicians and patients 
demands a highly reproducible, quality-controlled manufacturing and processing scheme.  These 
considerations are also critically important for future interactions with regulatory bodies such as the 
federal food and drug administration (FDA)[7], and more generally to ensure safety and reliability. The 
construction of the sensors described in prior chapters relies on relies on a combination of cleanroom 
processing and flexible circuit board manufacture, both technologies that are independently aligned with 
scalable, quality-controlled manufacture, but which present challenges in integration. Additionally, with 
pediatrics presenting an early target population, sensor robustness and durability form a critical 
consideration. Finally, the cost of cost of customized tooling and manufacturing schemes present a 
significant cost increment, that will be borne by the healthcare system, and, ultimately, patients. In this 
work, I will discuss advances in materials processing and integration and device architectures that yield 
fully wireless, wearable flow sensors constructed entirely from commercial, off the shelf (COTS) 
components assembled on flexible substrates. When combined with soft packaging, encapsulation and 
molding techniques, these sensors afford a combination of advantages in size cost, reliability and 
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durability that are ideally suited for pediatric populations. Systematic benchtop studies explore the effects 
of sensor placement, power requirement, device architecture, thermal insulation and physiological 
parameters such as skin thickness. The high levels of functionality of the platform are evident over the 
course of a small (n=6), IRB-approved patient trial.    
5.2 MATERIALS AND METHODS  
Fabrication An exploded view illustration of the sensor is in Fig. 5.1A. The platform utilizes 
commercially mature flexible circuit board (flex-PCB) structuring technology and relies entirely on 
commercial of the shelf (COTS) components for operation. A commercial UV laser structures conducting 
traces and bond pads on a dense, trilayer laminate material of copper-polyimide-copper (18 μm-75 μm– 
18 μm). Reflow soldering using low temperature solder paste allows for the precise, rapid placement of 
miniaturized surface mounted device (SMD) elements onto the board. Separately, a thin silicone sheet 
(Silbione, Bluestar Silicones 100μm) is spin-cast onto a smooth glass slide, surface treated to be 
hydrophobic. Importantly, it is semi-cured in order to enhance its adhesion. Flash curing the entire 
assembly at 100˚C for 120s ensures robust adhesion between the silicone and the device. A top silicone 
layer is then drop cast and cured at 70˚C for 60 minutes to form a 300 μm superstrate. A UV-Ozone 
treatment of the top surface renders it hydrophilic, and in-situ curing of a soft, flat (3 mm) poly-urethane 
foam layer (FlexFoam, Smooth On Inc.,) over the sensing and actuating components ensures robust 
insulation from ambient thermal noise. Separately, a thin (<2 mm) silicone (Silbione) shell (Fig. S6) is 
formed by casting a liquid precursor into a pair of customized male and female fittings, milled from 
commercially available Aluminum in a 3-axis CNC milling machine, and curing at 100˚C for 15 minutes.  
A UV-Ozone treatment of the superstrate layer on the device and the shell creates a hydrophilic interface, 
and the two surfaces are bonded by curing at 70˚C for 6 hours. Laser cutting the outline of the sensor and 
mounting a commercially available, skin-safe, laser-cut adhesive completes the fabrication.  
Patient trials 
The application of the sensors follows an identical procedure to those described in Ch. 4.  
5.3 RESULTS AND DISCUSSION 
Sensor construction and electronics 
A schematic overview of the sensor appears in Fig. 5.1A, highlighting key aspects of its design. Broadly, 
the platform can be divided into the following elements: (i) thermal sensing and actuating components for 
the controlled delivery of light into underlying skin layers, (ii) analog front end circuitry to amplify the 
measured temperature signal into a precise voltage measurement, (iii) the Bluetooth low-energy system 
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on chip (SoC) and its associated timers and antenna to digitize and transmit this signal, and also to allow 
wireless two-way control of the sensor, (iv) power management electronics including a rechargeable 
lithium polymer (Li-Po), a power management circuit and an inductive coil for wireless recharging, (v) a 
flexible circuit board (flex-PCB) substrate and (vi) packaging and insulation layers. Several of these 
elements, such as BLE SoC technologies and inductive wireless recharging are derived from recent 
advancements in both flexible electronics and commercially available consumer technologies.  
Actuation and sensing 
The sensing platform relies on measurements of thermal transport yielded by combinations of thermal 
sensors and actuators, closely thermo-mechanically coupled to the underlying skin, with the soft, flexible 
construction of the device ensuring a tight thermo-mechanical coupling to the underlying skin. The 
sensing platform comprises a thermal actuator and a set of coplanar temperature sensors located upstream 
and downstream of the underlying shunt catheter (Fig. 5.2A). The actuator is constructed from a series of 
fixed, surface mounted resistors (230 um x 300 um x 600 um) electrically connected in series and laid out 
in a circular, densely packed array. On the application of a fixed, controlled voltage, Vin across the ends of 





     (5.1) 
   
Where Rtot is the resistance of the entire array. Since the array comprises of resistors wired together in 
series, Rtot can be rewritten as NRi where N is the number of resistors in the array and Ri is the resistance 






      (5.2)  
Operation within a linear actuation regime places a practical constraint on the power dissipated across 
each individual resistive element, and the manufacturer specifications form a simple guide. Dividing Eq. 





     (5.3) 
Assuming Vin=3.3V, N = 24 and Ri=20Ω yields a value for Pi of 0.9 mW, which is sufficiently below the 
recommended operating limit (50 mW). Across a total of 24 individual resistors, this yields a total power 
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dissipation of 22 mW. The density of this power dissipation significantly affects local thermal transport. 







      (5.4) 
Where r is the radius of the circular actuator. An increase in P/A results in a monotonic increase in signal 
to noise ratio, as discussed in Ch. 4. Two practical considerations place hard limits on values of P/A. 
First, the localized heating on skin is not to exceed 5K above its baseline temperature, in accordance with 
established clinical institutional review boards (IRBs). Second, an increased power density results in a 
diminished battery life. An actuator radius of 2 mm results in A=10.89 mm2, and, accordingly, P/A ~ 2 
mW/mm2, in accordance with previous studies.  
The packing density of the resistors represents a tradeoff between yield, with high densities exceeding the 
capabilities of commercial pick and place technologies, and thermal transport considerations. Packing 
densities of <40 Ω/mm2 result in uneven thermal transport and significant in-plane thermal dissipation. 
The application of a fixed, controlled voltage results in localized thermal actuation of 1.7mW/mm2, 
causing a local temperature increase of ~5K (Fig. 5.2B). As described in previous reports, the presence of 
flow underlying the actuator results in anisotropic thermal transport (Fig. 5.2C). Commercially available 
negative temperature coefficient (NTC) temperature sensors constructed from metallic oxides form high-
precision (2 mK), low-hysteresis temperature sensors whose resistance varies approximately linearly in a 
biological relevant regime (Fig. 5.5). The low thermal masses of these elements result in equilibration 
times of ~60s with underlying tissue.  
Locating these elements upstream and downstream of the actuator along the direction of the shunt 
captures the effects of flow, with the downstream and upstream temperature measurements 
(TDownstream,TUpstream) bifurcating (Figs 5.2 C-D). The resulting temperature differential, T = (TDownstream-
TUpstream) obeys a non-monotonic but well-understood relationship with flow rate across a range relevant 
to CSF flow through shunts (Fig. 5.2E), extensively described in a previous report. The average 
temperature of the two sensors, Taverage = (TDownstream+TUpstream)/2 can be used to differentiate between high 
flow and low flow values with the same levels of thermal anisotopy, by capturing the net temperature 
decrease brought about by the convective effects of flow at high rates (Fig. 5.2E). Skin thickness plays a 
key role in regulating thermal transport to the underlying shunt, and an increased skin thickness will result 





Encapsulation and Packaging 
A soft (E~ 130 kPa), stretchable silicone substrate and superstrate provide separate the sensing electronics 
from underlying biological tissue and ambient conditions, respectively. The substrate layer is designed to 
have a thickness that minimally impacts the thermal mass. Ambient convective noise effects characterized 
by a strong low-frequency (f<1 Hz) component result in a significantly lower signal to noise ratio (S/N ~ 
20) than those made by the lithographically defined nanofilm approaches discussed in previous chapters. 
These effects are shown in Fig. 5.11 where raw temperature data collected in the absence of a foam layer 
display a strong low-frequency noise component. Computing the temperature differential between 
upstream and downstream measurements only serves to amplify these noise effects, leading a total S/N of 
~20 at a flow rate of 0.2 ml/min, relevant to healthy adult CSF flow. The presence of a (poly)urethane 
foam layer placed has two effects: (i) it decreases to local temperature rise, owing to the higher thermal 
conductivity of foam (0.04 W/m-K) than air (0.02 W/m-K) and (ii) it significantly reduces low-frequency 
noise effects. Notably, the presence of a simple cover layer does not have a comparably strong effect, 
suggesting the presence of highly localized effects associated with free-convection at the site of the 
temperature sensors. The rate of heat transfer owing to free-convection is related to the convective heat 
transfer coefficient, hfree. The side-wall of the NTC temperature sensing element can be modeled as a 





    (5.5) 
Where L is the height of the NTC element, n and C are empirical fitting factors known to be ¼  and 0.59 





    (5.6) 
Where g is the acceleration due to gravity, β is the volumetric fluid expansion coefficient, α is the thermal 
diffusivity of air and υ is the kinematic viscosity of air. Ts and T∞ are the temperature of the surface of the 
NTC and air respectively. The strong dependence between hfree and L can be used to explain the increased 
levels of convective noise in the temperature measurements relative to those of nanofilm based resistive 
approaches described in prior chapters. For the NTC elements used here, LNTC=300μm while Lfilm=100 
nm. The addition of a foam layer effectively prevents free-convective effects across the surface of the 
NTC. In practice, non-foamed materials would achieve the same effect but would also present a 
significant reduction in signal quality owing to strong out-of-plane heat transfer effects into the covering 
materials. Foams, owing to their low thermal conductivity, present an ideal tradeoff between minimizing 
convective noise while also minimizing conductive thermal transport into the foam layer.  
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Appearance and handling present an important consideration, particularly in the context of pediatrically 
focused technologies. A simple molding scheme, shown in Fig. 5.9  can be used to create smooth, 
attractive silicone cover layers to obscure the underlying electronics and battery. A double-sided adhesive 
(2477P, 3M Inc.) comprising of an acrylate layer (Qadhesion = 0.30g/mm) and a silicone layer (Qadhesion = 
0.03g/mm) allows for reversible adhesion of the device onto skin. The acrylate layer makes contact with 
the device, while the silicone laminates onto skin, with a total adhesive thickness of 180μm.   
Wireless data readout 
Wireless data readout presents the most significant advantage of this flow sensing platform over other 
examples demonstrated in the literature. Bench studies suggest the minimum required precision in 
temperature sensing to be 10 mK. An active Wheatstone bridge circuit (Fig. [FIG]) for each temperature 
sensor is used to realize this, with the NTC element acting as the variable arm of an otherwise fixed set of 
resistors. The application of a sensing voltage (Vin = 3.3 V) to the bridge circuit creates a voltage 
differential (Vbridge) across the sensing and non-sensing arms of the bridge. Vbridge is amplified via an 
operational amplifier (op-amp) whose gain is tuned via a feedback resistor. The full sensing voltage range 
is Vin=3.3V. An analog-to-digital converter (ADC) onboard the BLE SoC digitizes this sensed voltage, 
and converts it into a binary bit-value suitable for transmission. The ADC has a resolution of 10 bits, 
which implies a sensing precision in voltage of 3.3V/210= 0.003V = 3 mV. Based on analog front-end 
design, this translates into a precision in temperature sensing of 3.5 mK, which is greater than the 
requirement for precision flow sensing. These results are in Fig. 5.5.  
The BLE SoC also acts a system of control, allowing the user to operate the actuator during a 
measurement. This is accomplished via a general-purpose input/output (GPIO) pin onboard the SoC that 
is capable of dynamically toggling between a high (Vhigh=3.3V) and low (Vlow=0 V) state. This GPIO 
voltage acts a gate voltage, Vgate, for an n-channel metal-oxide semiconductor field effect transistor 
(MOSFET), where the regulated output from the battery and the actuator load serve as the drain and 
source, respectively. In this manner, operating the GPIO pin can supply current to the actuator, resulting 
in the required joule heating.  
On-Body Studies 
On-body studies on patients with ventricular shunts, and over healthy patients with near-surface blood 
vessels serve as a clinical proof-of-concept. Temperature differentials between upstream and downstream 
measurements (ΔT=TDownstream-TUpstream) are used to quantify thermal anisotropy associated with flow. On 
patients with shunted hydrocephalus, the measurement begins with the placement of a sensor over the 
ventricular shunt, with palpation facilitating easy location and alignment. The thermal mass of the sensors 
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and foam necessitates a 2-minute thermal equilibration time between the sensor and the skin before the 
measurement can commence. Operation of the actuator for a 5-minute period thereafter results in an 
increase in upstream and downstream temperature at a rate that is governed by the flow through the 
underlying shunt. The placement of the sensor adjacent to the shunt in a location that is absent any 
prominent near-surface veins acts as a simple control measurement. Working shunts demonstrate a 
thermal anisotropy of 0.1K, while control locations and shunts with no flow demonstrate an anisotropy of 
<0.01 mK. These results are summarized in Fig. 5.3. 
Near-surface veins on healthy patients present an easy target application (Fig 5.4). On locations with no 
veins, the upstream and downstream temperature measurements demonstrate negligible anisotropy over a 
full 20-minute continuous measurement. However, over a superficial vein located over the arm, there is a 
clear, noticeable anisotropy. Here, downstream is the proximal sensor and upstream is the distal sensor, 
consistent with venous flow back towards the heart. Noticeably, the presence of blood flow also serves to 
increase the overall effective thermal diffusivity of the skin, resulting in a significantly lower temperature 
increase for both sensors on skin locations overlying flow.  
 
Overall, the devices and materials presented here represent the first fully wireless, functional flow sensor 
constructed entirely out of commercial components. The integration and encapsulation schemes ensure a 




















Figure 5.1. Miniaturized, soft wireless flow sensor based on commercial components. A. 
Exploded view schematic of key device layers. B. Optical images of packaged, encapsulated device 
twisting and bending. C. Optical image of device mounted on neck of patient. D. Screenshot of 
software application on tablet computer showing data readout, pairing and options for on-demand 










Figure 5.2. Benchtop flow characterization using platform. A. Exploded view schematic of 
sensors and actuators with overlaid foam layer over shunt embedded in silicone skin phantom. B. 
Infrared (IR) thermograph of actuator dissipating thermal power at 1.2 mW/mm2. C. Upstream (gray) 
and downstream (red) temperature readout after actuation, and after during flow respectively, showing 
the bifurcation of the traces (ΔT) and the reduced overall average temperature (Tavg), respectively, 
after the onset of flow. D. Δ T as a function of time before and after the onset of flow. E. ΔT as a 
function of flow rate for a range of physiolologically relevant skin thicknesses, from 0.7 mm to 4 mm. 







Figure 5.3 Patient studies on adults. A. Optical image of wireless sensor over shunt on 
representative patient, without smartphone readout. B. ΔT for cases with confirmed flow, no 







Figure 5.4 Applicability to blood vessels. A. Optical image of device on skin location with no source 
of thermal anisotropy (volar forearm). B. Continuous 20-minute data collection on volar forearm 
location. C. Optical image of sensor mounted over near-surface wrist-vein with direction of vein 
indicated by markin pen. D. Continuous data collection over vein location during changes of wrist 








Figure 5.6. Continuous measurement over 1-hr of two NTC elements on a hot plate set at 35˚C. 
 
 
Figure 5.5 Characterization of commercially available negative temperature coefficient 
temperature sensors mounted on flexible circuit board. A. Schematic illustration of size and 
footprint of NTC sensor (left) and side-view schematic of NTC mounted on flex-PCB and 
encapsulated in PDMS. B. Temperature calibration through heating and cooling cycle of 4 NTC 







Figure 5.7. Analog front end design and characterization. A. Schematic illustration of analog front 
end sensing circuit. B. LT-Spice circuit simulation of amplified, differential voltage across 
Wheatstone during temperature change across sensing element of 10˚C. C. Optical image of 
calibration setup with IR camera and three flow sensing devices on hot plate. D. Wirelessly recorded 
digital temperature measurements on 6 sensors across three devices on hot plate, when temperature is 
varied from 25˚C-50˚C. E. Computed calibration slopes for 6 sensors across three devices, suggesting 

































Figure 5.9. Improved rotational tolerance from multi-sensor device. Optical image and 

















Figure 5.10. Improved translational tolerance from multi-sensor device. Schematic illustration 
and temperature readout for A. perfectly aligned device. B. translational offset of 2 mm˚, C. 5 mm 

















Figure 5.11 Effect of foam insulation. A. Eschematic illustration of sensor over benchtop flow 
model without foam. B. Raw upstream and downstream temperature measurements in before and 
during flow˚, C. Computed temperature differential before and during flow. D-E. Same as D-F but 
















1. Drake, J.M., et al., Cerebrospinal fluid flow dynamics in children with external ventricular 
drains. Neurosurgery, 1991. 28(2): p. 242-250. 
2. Yasuda, T., et al., Measurement of cerebrospinal fluid output through external ventricular 
drainage in one hundred infants and children: correlation with cerebrospinal fluid production. 
Pediatric neurosurgery, 2002. 36(1): p. 22-28. 
3. Abazi, G., et al., Evaluation of CSF flow in shunts using a non-invasive thermal technique. 
Cerebrospinal Fluid Research, 2009. 6(Suppl 1): p. S41-1. 
4. Madsen, J.R., et al., Evaluation of the ShuntCheck Noninvasive Thermal Technique for Shunt 
Flow Detection in Hydrocephalic Patients. Neurosurgery, 2011. 68(1): p. 198-205. 
5. Madsen, J.R.C., P; Anor, T; Abazi, G, Intermittency Of Vp Shunt Flow In An Asymptomatic 
Subject During Day-to-day Activities. American Assocation of Neurological Surgeons, 2009. 
Abstract: p. 1-1. 
6. Boyle, T.M., J; Neuman, M; Tamber, M; Hickey, RW; Heuer G; Leonard J; Leonard JC; Keating 
R; Chamberlain J; Frim D; Zakrzewski, P; Klinge, P; Merck, L; Platt, J; Bennett, J; Sandberg, D; 
Boop, F; Zorc, J, ShuntCheck versus Neuroimaging for Diagnosing Ventricular Shunt 
Malfunction in the Emergency Department. American Assocation of Pediatrics, 2017: p. 1-2. 
7. MC10 Receives FDA 510(k) Clearance for the BioStamp nPoint™ System. 2018: Lexington, MA. 


















SOFT, INSTRUMENTED NERVE CUFFS WITH CAPABILITIES IN EPINEURIAL BLOOD 
FLOW SENSING FOR BIOELECTRONIC MEDICINE 
The finite element models presented here were done in close collaboration with theorists. The wireless 
NFC designs and electric field intensity simulations were obtained from collaborators. The surgeries and 
animal models were performed in collaboration with neuroscientists.  
6.1 INTRODUCTION 
The peripheral nervous system regulates pain, sensation and all autonomic function, and as such, 
represents an active area of neuroscience research[1-3]. Nerve ‘cuffs’, cylindrical structures that wrap 
around the surface of the peripheral nerve, represent a convenient means to interface with this system. 
Traditional nerve cuffs have been used for recording electrical activity [4-7], with more recent approaches 
centered on light delivery for optogenetics [8] and chemical sensing of key biomarkers[9]. The 
mechanical mismatch between the soft, compliant nerve tissue and stiff, rigid cuffs can cause nerve 
injury[10, 11] and inflammation. Nerve blood flow represents a key physical indicator of nerve health 
state, relevant to measurements of inflammation, pain and diabetic neuropathy [12-16]. Current 
approaches to epineural NBF measurements rely on laser doppler flowmetry [17-19] that require optical 
access, and which are impossible in freely moving animals. Additionally, LDF measurements are heavily 
influenced by motion artifacts, rendering them unusable for assays where animals exhibit even small 
motions, such as studies of hypoxia-induced blood flow changes. 
Here we introduce a collection of materials, devices and wireless integration schemes that exploit recent 
advances in soft bioelectronic devices[20-24] to realize the first cuff-based NBF sensor, that relies on 
measurements of thermal transport. The devices are mechanically matched to the soft nerves, and 
advanced embodiments include collections of electronic and optoelectronic components for multimodal 
functionality. Systematic benchtop studies highlight the devices’ high levels of functionality even under 
cases with extreme motion artifacts, and theoretical models suggest a means to compute bi-directional 
flow. Acute in vivo experiments highlight the devices’ ability to capture flow changes due to a range of 
stimuli that include pharmacological changes, crush injuries and hypoxia. Finally, designs for a fully 
wireless, battery-free embodiment suggest a straightforward pathway to realize fully implantable, chronic 





6.2 RESULTS AND DISCUSSION  
Wireless, multimodal nerve cuff platform 
The nerve cuff platform shown in Fig. 6.1a combines a set of concepts in materials and mechanics that, 
when taken together, allow for a fully wireless, multimodal platform for sensing at the site of a nerve. The 
nerve cuff is constructed from a soft, stretchable poly-dimethysiloxane (PDMS) sheet (100μm) with 
mechanical properties (EPDMS =2 MPa) comparable to those of the nerve itself (Enerve= 7 MPa). Recent 
advances in serpentine mechanics inform the design of interconnects that terminate in the instrumented 
cuff portion. Generically, the microfabrication scheme consists of lithographically defined serpentine 
interconnects integrated with collections of electronic and optoelectronic sensing and actuating elements 
that are either commercially available or fabricated via bottom-up approaches. An example of these 
elements is in Fig. 6.2a, showcasing an integrated cuff wrapped around a phantom nerve, with close-up 
images of metallic thermistors, recording electrodes, nanomembrane-based diodes and resistive heaters 
and micro-LEDs (μ-LEDs) in Fig. 6.2b. The soft cuff assembly can be integrated with Bluetooth Low 
Energy (BLE) System-on-Chip (SoC) technology (NRF 52832, Nordic Semiconductor) to yield wireless 
two-way communication between the device and a handheld smartphone. The entire device can be 
powered by a miniaturized, Lithium-Polymer (Li-Po) battery, or as shown in Fig. 6.2c, entirely through 
wireless energy harvesting via a built-in NFC coil. Here, NFC power at 13.56 MHz supplied via a 
commercially available wireless charging unit powers the device, which then transmits to the far-field 
through a BLE SoC that communicates with a smartphone application. The smartphone application can 
wirelessly control the on-board μ-LED while simultaneously measuring temperature from two on-board 
temperature sensors adjacent to the μ-LED. The heating effects of the μ-LED are clearly visible on both 
temperature sensors, until the onboard analog digital converters (ADCs) reach their saturation limit.  
The nerve cuff is formed via simple buckling mechanics (Fig. 6.2). The radius of curvature of a buckled 
bi-layer assembly of thin films, a and b, with initial lengths and thicknesses La and Lb and ha and hb, 





     (6.1) 
Where η is the thickness ratio given by η = hb/ha and χ is the strain in film b, given by Lb=La(1+ χ). Both 
η and χ can be tuned to yield the desired radius of curvature, suitable for various target nerves. These 
results are in Fig. 6.2. Examples common to neuroscience research include the rat sciatic neve (r = 0.75 





Wireless flow sensing at the site of a peripheral nerve represents a novel sensing modality, with broad 
relevance to neuroscience, in the study of nerve healing and regeneration, pain, and neuropathy. The 
concepts I discussed in previous chapters have broad applicability to this target organ, with the cuff form 
factor ensuring strong thermo-mechanical coupling between the device and the target nerve. The sensor 
consists of a single resistive thermal actuator with a single temperature sensor upstream and downstream 
of the actuator along the direction of the flow, respectively. The sensors, analog front end and signal 
conditioning electronics are identical to those described in Ch.5, and as such will not be discussed here. A 
simple benchtop system to evaluate blood flow through peripheral nerves is in Fig. 6.3. A miniaturized 
flow-tube constructed from poly-tetrafluoroethylene (PTFE) with a size matched to that of a rat sciatic 
nerve (r = 0.7 mm) is mounted inside a solid container capable of holding fluid. The cuff is wrapped 
around the tube, as shown in Fig. 6.3a-b, with wireless data transfer from the BLE directly to a 
smartphone application. The entire cuff assembly is submerged in water at 21˚C, the same temperature as 
the water flowing through the tube. The cuff and tube are encapsulated by a customized foam layer, 
comprising a fast curing silicone polymer (Kwik-Sil, World Precision Instruments), loaded with silica 
microballoons (r ~ 25μm), as shown in Fig. 6.3c. This foam layer performs two key functions, namely (i) 
it insulates the temperature sensors and actuators from the local effects of convective heat transfer from 
the fluid and (ii) it acts as an adhesive, bonding the device to the nerve in a manner that isolates the device 
against motion artifacts.  
Typical blood flow rates in peripheral nerves range from 5-20 μl/min [CITE], and to test the sensitivity of 
the platform, a syringe pump is used to supply these flows through the PTFE tubing. The devices shown 
here are powered by a simple 3.3V constant voltage source, as a substitute for a battery, with entirely 
wireless data transmission. Operation of the actuator at ~11 mW results in a local temperature increase of 
3˚C when completely submerged. The onset of flow at 10 μl/min results in clear bifurcation of the 
upstream (red) and downstream (gray) temperature measurements (Fig. 6.3e). Computing the temperature 
differential, TDownstream-TUpstream results in a measured thermal anisotropy of ~ 0.5 ˚C, that lasts for the 
duration of the flow. When the flow stops, the two temperatures converge, resulting in the temperature 
differential returning to its baseline value (Fig. 6.3f).  
The actuation power forms a critical design consideration, as nerves are extremely sensitive tissue, with a 
recommended maximum temperature change of 1C above its baseline. The effect of actuation power on 
temperature local change is linear, as shown in Fig. 6.3g, for the case when the entire assembly is 
submerged in water. Actuation powers of <3 mW result in a local temperature increase of ~ 0.8C, which 
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is within the acceptable limit. The computed temperature differential across a complete range of flow 
rates and powers (Fig. 6.3h)  
Motion artifacts can present a significant confound to high-quality measurements, and accordingly a 
benchtop model to evaluate the effect of sudden motion of the entire assembly wrapped around the nerve 
surface is in Fig. . The phantom nerve assembly was mounted on a vibrating stage, capable of motion at 
programmable amplitudes and frequencies. Four amplitudes (A = 1 mm, 2 mm, 3 mm, 5 mm) at a fixed 
frequency of 3 Hz, were examined (Fig. 6.4a), along with four frequencies (f = 0.5 Hz, 1 Hz, 2 Hz, 3 Hz) 
at a fixed amplitude of 5 mm (Fig. 6.4 b), at the biologically appropriate actuation power of 2.7 mW. In 
all cases, the sensor maintained a signal to noise ratio (SNR) of >70 (Fig. 6.4c), while completely 
submerged in water at a flow rate of 10 μl/min. Power density calculations show 1/f noise, with a small 
peak at 22 Hz, associated with ADC switching within the BLE SoC (Fig. 6.4d). Notably, even at the 
highest oscillation amplitude (A = 5 mm), there is no apparent noise peak at 3 Hz, suggesting the strong 
thermomechanical coupling effects of the foam.  
Blood flow through the epineural spaces of a peripheral nerve can be both arterial and venous, and as 
such, is bi-directional. Additionally, the geometry of blood vessels is longitudinal, with several 
miniaturized capillaries innervating the nerve. The absence of information on directional blood flow 
changes posed by conventional optical approaches to measuring nerve blood flow such as LDF presents a 
drawback. The thermal sensing technique presented here provides a pathway to compute directional, 
quantitative flow rate changes via a multi-step approach. The complex, multi-vessel flow through the 
nerve can be simplified using an effective-medium model wherein the nerve comprises two effective 
blood vessels, conducting blood proximally and distally (Fig. 6.5a). The effectiveness of this model is 
derived from the characteristic length scales associated with thermal transport through the nerve, with 
spatial variability in flow capillaries (~50-100μm) that are an order of magnitude lower than the 
penetration depth (1 mm) of heat at steady state. These results are demonstrated in the finite element 
models (FEM) shown in Fig. 6.4b-c where differing channel geometries with same overall volumetric 
flow rate (open vs. closed circles) are indistinguishable (Fig. 6.4b).  
In theory, equal and opposite flows in the two channels should present no anisotropy, and will, therefore 
be indistinguishable from the no-flow case. This is demonstrated in the FEM in Fig. 6.4d, wherein the 
blue regions represent proximal flow while the red regions represent distal flow and the green regions 
represent equal and opposite flow, as marked by the diagonal line. Experimental validation of two cases, 
denoted by the triangle and star are in Fig. 6.5e and 6.5f respectively. While the equal and opposite flow 
cases experimentally yield no detectable anisotropy (Tsensors/Tactuator~0) as expected, both the sign and 
magnitude unequal flows are in strong agreement with theoretical models.  
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A variant of this effective medium model can be used to compute bi-directional flows. Contour maps of 
TUpstream/Tactuator and TDownstream/Tactuator  are in Fig. 6.5g-h, respectively. Due to the asymmetry of flow 
associated with directionality, the intersection of these curves can be used to compute the bi-directional 
flow rate with a unique solution (Fig. 6.5i).  
Acute, in vivo evaluation 
Early evaluations on rat sciatic nerves that rely on wired measurements highlight the performance of the 
device in vivo. Validation is in the form of two gold-standard measurements: laser doppler flowmetry 
directly on the target nerve adjacent to the soft cuff flow sensor and arterial blood pressure lines, 
respectively. An optical image of an early, lithographically defined nanofilm sensor is in Fig. 6.6a. The 
laser doppler needle probe is also apparent in the frame, as is the thin-film interconnect. The conformal 
contact between the target nerve and the sensor is also apparent. IR thermography (Fig. 6.6b) illustrates 
the local temperature rise on actuating the actuator at 3 mW. The local temperature rise at the actuator is 
~2C while the temperature at the nerve is ~1C, within the acceptable biological limit.  
The results of several in vivo tests are in Fig. 6.7. In the absence of actuation power, the thin-film 
thermistors on the cuff represent a simple means to measure time-dynamic temperature changes 
associated with the target nerve. Cuff temperature measurements correlate will with IR thermography 
(Fig. 6.7a), showing natural oscillations likely associated with changes in blood perfusion.  
Pharmacological stimuli that result in vasoconstriction or vasodilation are well known to elicit blood flow 
changes at the site of the nerve [CITE]. Two well-known compounds, Nitroprusside (a vasodilator) and 
Phenylephrine (a vasoconstrictor) are separately injected at doses of 10 μg/l via an arterial line. Blood 
pressure traces (purple) and LDF measurements (red) serve as validation of the measurements. A reduced 
blood flow associated with vasodilation and increased blood flow associated with vasoconstriction [CITE] 
are well-known effects, caused by changes in blood pressure. These effects are apparent in Figs. 6.7c-d.  
Nerve crush injuries cause reduced blood flow due constriction of blood vessels. A simple, acute nerve 
crush injury model is in Figs. 6.7e-f, highlighting the effects of proximal and distal nerve crush. A clear 
reduction in blood pressure accompanies the reduction in flow, with the proximal nerve crush exhibiting a 
stronger response than the distal crush. Notably, LDF measurements were not possible for these cases due 
to the significant motion associated with crushing the nerve via a simple surgical tweezer, resulting in 
large levels of noise.  
Finally, a hypoxic model relevant to diabetic neuropathy highlights the potential to measure reduced 
blood flow in vivo. Hypoxia, or reduced respiratory oxygen intake, results in a compensatory response 
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involving heavy breathing and diminished blood flow [CITE]. Successive hypoxia trials through an 8% 
oxygen mixture administered via an oxygen mask clearly demonstrate reduced blood flow during the 
hypoxic period, followed by a return to baseline flow values. Hypoxia is an effect that follows diabetic 
neuropathy and precedes nerve death [CITE] and the ability to measure its real-time effects is potentially 
significant.  
Fully wireless, battery-free sensing 
Real-time measurements in awake, freely moving animals demand the use of fully implantable, wireless 
devices[25-27]. BLE SoC offers several advantages over other data transmission protocols (NFC, IR, 
etc.), including the range (~15 m), functionality of the SoC (several ADCs, GPIO pins) power 
consumption (<300 μA advertising current), and the existence of easy libraries from which to construct 
simple software applications for data readout and control. As such, the analog front end and data 
transmission electronics are identical to those discussed in previous chapters.  
While operational, the device consumes 10 mW at 3 mA. This power is most easily supplied via a simple, 
on-board battery. While this is an attractive option for shorter-term measurements (<1 week), the need to 
recharge the battery places a limit on the operational lifetime of the device. As such, wireless power 
harvesting represents an attractive option. Power transmission at near-field communication (NFC) 
frequencies (13.56 MHz) are attractive owing to the minimal absorption by the body of RF waves at these 
frequencies. The addition of an on-board power-harvesting coil (Fig. [FIG]) allows the device to harvest 
RF power at these frequencies that are sufficient to continuously power the device. The harvesting coil 
designs are identical to those discussed in Ch. 3, and as such, will not be discussed here.  
Wireless, in vivo flow sensing preliminary results 
Early in vivo results with a single actuator and single temperature sensor with wireless data transmission 
are in Fig. 6.9. The device is powered via a simple voltage source connected via leads (Fig. 6.9a-b) as a 
substitute for a battery, and data readout is via a handheld smartphone. Stimuli in the form of Hypoxia 
(Fig. 6.9c) and Phenylephrine (Fig. 6.9d) display clear changes in blood flow. As expected, hypoxia 
results in a diminished blood flow characterized by an increased temperature owing to a lowered thermal 
diffusivity, while Phenylephrine displays the opposite effect due to increased blood flow. Future fully 
implantable trials will complete these validation studies, with a focus on freely moving animals and NFC 





Noise in wireless measurements 
Fast fourier transform (FFT) and power spectral density (PSD) plots computed for wireless benchtop and 
in vivo data acquired from a single temperature sensor are in Fig. 6.11. The three cases examined are data 
acquired on the bench with an insulating foam (6.11a), data acquired in vivo with an insulating foam 
(6.11b) and data acquired in vivo without an insulating foam (6.11c). Qualitatively, all of these cases 
display strong low-frequency noise components associated with 1/f noise. Additionally, they all display 
frequency peaks at 22 Hz. The relative noise magnitudes for measurements made in vivo and on the 
bench are comparable, with peak values of 10-2 T2/Hz at low frequencies (<1 Hz). Notably, in vivo data 
acquired without foam suggests a strong noise peak at 22 Hz, with peak values at 101 T2/Hz, two orders of 
magnitude higher than cases without foam. The insulating effects of the foam suggest that the source of 
this noise could be thermal and investigating sources of relatively high frequency thermal noise remains a 
focus of ongoing work.  
Opportunities for unusual materials integration for advanced functionality in peripheral nerves  
The fabrication procedure associated with structuring the nerve cuff and the associated electronics is 
broadly aligned with recent advances in transfer-printing of soft, stretchable bio-electronics. As such, I 
have investigated several opportunities for integrating the nerve cuffs with unusual electronic and 
optoelectronic functionality, all with a view to improve tools currently available to neuroscientists 
studying the peripheral nervous system.  
Silicon nanomembranes  
Active electronics afford the ability to rapidly multiplex and address large arrays of sensors. However, 
traditional semiconductor materials such as Silicon are brittle (E = 2 GPa) and cannot withstand the radii 
of curvature associated with interfacing with peripheral nerves. Here, we demonstrate a fabrication 
scheme that incorporates a collection of Silicon nanomembrane (Si-NM) based diodes and degenerately 
doped Si-NM resistors to act as temperature sensors and thermal actuators respectively, connected via 
thin, metallic interconnects (Cr/Au, 10/200 nm). Optical images of a 10x6 array of Si-NM temperature 
sensors (Fig. 6.11) highlight the overall construction of the device, with an individual p-i-n diode element 
highlighted in the optical micrograph in Fig. 6.11b. The thin (200 nm) construction of the Si-NM diode 
element, placed in the neutral mechanical plane of a polyimide (PI)-Si-PI assembly allows it to withstand 
bending associated with the radius of curvature of the cuff, as shown in Fig. 6.11c-d. Active electronics at 
the site of a nerve have several potential applications, including active amplification of recording 
electrodes, individual addressing of several recording elements and switching matrices for stimulation. 
Here, we demonstrate these elements’ ability to map heat flow at the site of the nerve, with applications in 
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high-precision temperature and blood flow characterization. An optical image of the entire cuff assembly 
wrapped around a phantom nerve is in Fig. 6.11e, with temperature measurements before and after 
thermal actuation via Si-NM resistors in Figs. 6.11f-g respectively. The diodes are configured as 
temperature sensors via measurements of turn-on voltage, with an increasing temperature resulting in a 
lower turn-on voltage (Fig. 6.11h). The effects of cuffing the device are negligible, with I-V curves 
corresponding to the diode and resistive elements indistinguishable before and after curvature (Fig. 6.11 i-
j).  
Recording electrodes 
Electrical recordings at the surface of the nerve represent the most ubiquitous application for nerve cuffs, 
and we present a simple in vitro demonstration of the ability of on-board recording electrodes (Fig. 6.12a) 
to make electrical impedance measurements. The cuff consists of two electrodes, one that records 
electrical activity and one that is grounded. Measurements made in this manner are in Fig. 6.12b-c, where 
the recording electrode can measure changes in ionic salt concentrations phosphate buffered saline 
solutions with varying concentrations, and water with varying amounts of NaCl.  
Optoelectronics 
Optogenetics is a neuroscience tool that offers exemplary targeted, millisecond control of neuronal 
dynamics [28] with applications in the brain[29] and peripheral nervous system[30]. Optogenetic assays 
require precisely target light delivery to the target organ. Currently this is achieved in the brain via 
tethered fiber-optic approaches that impede animal movements and social interactions. These approaches 
are even more challenging in peripheral nerves due difficulties locating a rigid mounting area for the fiber 
optics. Recent approaches based on cuffs have shown some promise but still require fiber optic light 
delivery[8].  
Fully implantable optoelectronic approaches that rely on wireless power harvesting and implantable μ-
LEDs [25] have shown the ability to use optogenetics in untethered, freely moving animals. Recently 
demonstrated device embodiments suffer two key drawbacks: (i) the frequency of the wirelessly 
harvested RF energy, 2.4 GHz is significantly absorbed by living tissue, causing tissue heating and signal 
attenuation and (ii) the form factor of the soft implant is not strong coupled to the device, resulting in 
unreliable light delivery. The cuff approaches demonstrated here combine with NFC-power transmission 
at frequencies (13.56 MHz) for which living tissue is transparent. A schematic of the power harvesting 
and control electronics is in Fig. 6.13a, showing, highlighting wireless power transfer and a 
microcontroller to regulate μ-LED output. The control electronics are based on recently published 
approaches[31]. An optical image of the receiver antenna and control electronic highlight the device’s 
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miniaturized form factor (Fig. 6.13b). Optical images of the entire device, integrating a soft, elastomeric 
cuff with flexible circuit board technology are in Figs. 6.13c-d, showcasing a single LED (Fig. 6.13c) and 
4-LED (Fig. 6.13d) embodiment, respectively. Monte-Carlo simulations of light transmission through the 
single and 4-LED embodiments are in Fig. 6.13e, for cases with and without a reflective backing layer. 
These results demonstrate the superiority of the 4-LED approached in ensuring a uniform illumination of 
~ 10 mW/mm2 required for reliable expression of the opsin[28, 32]. An optical image of a mouse 
transgenically modified to express Ch-4 Rhodopsin in the presence of blue light is in Fig. 6.14, with an 
implanted device clearly visible.  
Overall, the materials, devices, fabrication techniques, wireless powering/data transmission strategies and 
integration schemes presented here suggest the potential for a robust and diverse set of new tools to 
interrogate the peripheral nervous system. 
6.3 MATERIALS AND METHODS 
Serpentine interconnect with resistors, thermistors, optoelectronics:  A generic fabrication scheme 
for the electronic and optoelectronics discussed above is in Fig. 6.15. Fabrication begins with spin casting 
a layer of (poly)di-methyl siloxane (PDMS) onto a glass slide (75 mm x 50 mm), and semi-curing at 70C 
for 300s. Separately, a 3μm layer of polyimide (PI 2545, HD Microsystems) is spin cast onto a copper foil 
(5 μm) and allowed to cure. Laminating the Cu/PI bilayer onto the semi-cured PDMS slide is followed by 
photolithography to define the serpentine interconnects. A second PI layer is spin-cast, followed by 
another round of photolithography to completely encapsulate the device, with openings in regions for 
electrical connections. At this stage, commercial components can be assembled on via simple reflow 
soldering, or lithographically defined following the deposition of a thin film of Ti/Au (3 nm/ 100 nm) via 
electron beam evaporation to define the thin-film heating/temperature sensing elements and recording 
electrodes. Commercially available resistors and negative temperature coefficient (NTC) thermistors may 
also be assembled via reflow soldering on exposed bondpads for robust thermal characterization devices 
suitable for chronic implantation.   
Silicon Nanomembrane Devices: Fabrication begins with photolithographically defining n- and p- type 
regions on a silicon on insulator wafer (4”, SOITEC). Doping for 10 minutes in a phosophorous and 
boron solid source oven respectively results in dopant concentrations of 1018/cm3. Additional 
photolithography and etching steps define islands and create holes through the Si-NM layer (200 nm) to 
the buried oxide layer. Immersing in a 49% HF bath for 1-hour releases Si-NM layer. Transfer printing 
via a PDMS stamp transfers the diode array to receiver wafer, where it is released onto a semi-cured PI 
layer. Curing the PI layer adheres the diode array in place. Successive metallization (Cr/Au, 10/200 nm) 
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and dielectric layers (PI), defined by photolithography and etching define interconnects and interlayer 
dielectric layers respectively. The entire assembly is fabricating on a Silicon wafer with a thin (700 nm) 
spin cast layer of poly-methyl methacrylate (PMMA, Microchem). Immersing in acetone at room 
temperature overnight releases the PMMA, after which the completed pattern can be picked up via PDMS 
stamp. Deposition of a thin (30 nm) layer of SiO2 creates reactive surface groups, and the pattern is 
transferred onto a freshly spin-cast, UV-Ozone treated layer of PDMS on a hydrophobic glass slide. The 
reactive surface groups on the SiO2 react with unreacted chains on the PDMS surface via a condensation 
reaction to form a permanent bond. Slowly peeling back the PDMS stamp completes the fabrication 
process, after which external connections are made via an anisotropically conducting thin film. 
Flexible circuit board with wireless components: Fabrication procedures are identical to those 
















Figure 6.1. Soft, instrumented nerve cuffs for bioelectronic medicine a. Optical image of 
multimodal nerve cuff with thermal sensing elements, μ-LEDs and recording/stimulating electrodes. 






Figure 6.2. Formation of soft, electronic nerve cuffs via buckling mechanics a. Schematic 
illustration of pre-strained and electronically instrumented layers. b. Finite element analysis (FEA) 
simulation of final shape of curled nerve cuff after bonding. c. Optical image of PDMS cuff formed in 
this manner. d. Measured radius for nerve cuffs with varying levels of pre-strain, with sizes of 
important target nerves labeled. e. Optical images of curled and uncurled device. F. FEA of strain on 








Figure 6.3. Benchtop flow measurements on nerve phantom system. a. Optical image of benchtop 
flow system showing device curled around phantom nerve submerged in water, with connections to a 
Bluetooth low energy (BLE) System on Chip (SoC. b. Close-up optical image showing flow channel, 
thermal insulating foam layer and flow direction. C. Optical micrograph foam layer showing silicone 
matrix with silica microballoons. d. Optical image of entire assembly with syringe pump to drive 
flow. e. Upstream and downstream temperature measurements before, during and after flow at 
10μl/min at an actuation power of 10.9 mW/mm2. f. Temperature differential, ΔT=TDownstream-Tupstream 
computed for the data in e. g. Local temperature rise as a function of actuation power in submerged 
environment. h. Temperature differentials computed for a range of flow rates at three actuation 
powers, 10.0 mW, 4.8 mW and 2.7 mW. i. Average temperature, Taverage=(Tdownstream+Tupstream)/2 
computed for a range of actuation powers, across a range of flow rates showing the net convective 













Figure 6.4. Benchtop measurements of the effect of motion. a. ΔT=TDownstream-Tupstream computed for 
an actuation power of 2.7 mW for induced motion at a frequency of 3 Hz for a range of amplitudes of 
motion . b. ΔT=TDownstream-Tupstream  for an actuation power of 2.7 mW for induced motion at an 
amplitude of 5 mm at varying frequencies. c. S/N ratio as a function of oscillation amplitude. d. Power 
spectral density calculation computed for a single temperature sensor at a motion frequency of 3 Hz at 








Figure 6.5. FEA and analytical models for quantitative , bi-directional flow evaluation. a. 
Schematic illustration of complex nerve vasculature simplified into bi-directional flow through two 
channels. b. Sensor temperatures for cases with different flow rates, but same overall volumetric 
flows due to differing channel diameters. c. Same as b, but with equivalence due to different flow 
rates. d. FEA surface for (Tdownstream-Tupstream)/Th for microfluidic phantom nerve with bi-directional 
flow velocities, showing no thermal anisotropy for cases in which flow is equal and opposite in the 
two channels. e,f. Cutaways of the two highlighted areas, with experimental points computed as the 
average between experiments conducted with flow in positive and negative direction. g.Simulated 
Tdownstream/Theater  contour maps for different combinations of volumetric flow rates in opposing 
directions. h. Same as g., but for values of Tupstream/Theater . i. Using intersection of two representative 
curves for measured values of Tdownstream/Theater  and Tupstream/Theater to calculate separate volumetric 






Figure 6.6. In-vivo measurements of nerve blood flow in response to induced changes. a. Optical 
image of device on rat sciatic nerve, with doppler trained on perineural vasculature for independent 
validation. b. IR thermograph of device with actuator supplying 3 mW on surface of rat sciatic nerve.  
 
 
Figure 6.7. Acute in vivo blood flow measurements for a variety of stimuli. a. Demonstration of 
utility of sensor as thermometer, with comparison with IR imaging. b. Measured response to blood 
flow changes on injection of nitroprusside from cuff flow sensor (black), doppler (red) and blood 
pressure (blue) . c. Measured response to blood flow changes on injection of phenylephrine from cuff 
flow sensor (black), doppler (red) and blood pressure (blue). . d. Measured response to blood flow 
changes on distal construction from cuff flow sensor (black) and blood pressure (blue). e. Measured 
response to blood flow changes on proximal constriction from cuff flow sensor (black) and blood 


















Figure 6.8. Designs for fully wireless, multimodal battery-free implants. a. Schematic illustration 
for sensor that harvests NFC power at 13.56 MHz and transmits data at 2.4 GHz via a BLE SoC.  b. 
Optical image of fully integrated sensor operating a μ –LED and multiple sensors  powered by a 
commercially available NFC charger. c. Close up of soft, elastomeric nerve interface with μ –LED. d. 
Data readout on smartphone from temperature sensors adjacent to μ –LED showing temperature rise 
















Figure 6.9. In vivo, wireless, acute tests. a. Optical image of implantation procedure in rat model.  
b. Optical image of implanted cuff with BLE base station outside animal. c. Temperature recorded 
from single temperature sensor after actuation at 2 mW during the onset of hypoxia at 8% oxygen, 
showing a reduction in blood flow. d. Temperature recorded from a single temperature sensor after 
actuation at 2 mW during the administering of phenylephrine, a vasoconstrictor, showing an increase 









Figure 6.10. FFT and power spectral density plots for single temperature measurement in 
presence of flow in benchtop model (a), in vivo with insulating foam (b) and in vivo without 










Figure 6.11. Silicon Nanomembrane (Si-NM) based nerve cuff arrays for heat mapping a. 
Opitcal image of uncurled Si-NM diode array with enlarged view of single diode element (right) in 
uncurled configuration. b. Same as a but in curled configuration. c. Optical image of device 
conformally wrapped around nerve phantom d. Heat map showing temperature distribution before 
actuator is turned on (left) and In contact with a nerve-phantom microfluidic channel with flow going 
from right to left across the page (right). e.  Representative I-V curve showing temperature 
dependence of turn-on voltage. e. Temperature calibration with current at fixed voltage (V = 0.6V) e. 
IR-thermograph of device with actuators supplying 3 mW power. e. Representative I-V curves for 






















Figure 6.12. Electrical recording interfaces a. Optical image of metallic multilayer film Cu/Ti/Au (5 
μm/3nm/100nm) with Au side facing up, making up electrrodes. b. Impedance spectra of water with 
varying concentrations of phosphate buffered saline solution (PBS), c. Impedance spectra of water 











Figure 6.13. Optoelectronic nerve cuff interfaces for in vivo optogenetics a. Schematic illustration 
of fully wireless, battery-free electronics for targeted light delivery at the site of a peripheral nerve.. b. 
Optical image of control electronics c. Optical image of single μ-LED cuff platform illuminated in 30 
cm x 30 cm cage. d. Four μ-LED embodiment flashing at low frequency. e. Monte carlo simulations 
of light distribution through cross section of nerve with 1 (left) and 4 (right) LED cases, with and 






Figure 6.14. Fully implantable optoelectronic element operating inside live mouse.  
 
 
Figure 6.15. Generic fabrication scheme for fabricating encapsulated serpentine copper traces 
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CONCLUSIONS AND OUTLOOK 
 
7.1 OVERALL OUTLOOK 
The work presented here could have utility in clinical medicine, consumer technology and neuroscience 
research. I outline each below.  
Outlook for clinical medicine  
Our work on ventricular shunt flow monitoring presents a clear near-term opportunity to meet an unmet 
need in clinical medicine. The technology has formed the basis of a provisional patent application, and a 
spinout company to continue manufacturing development and clinical trials. We have identified an 
escalating series of use cases to validate and test the platform, ranging from post-operative flow 
monitoring in in-patient settings, to clinics, emergency departments, and ultimately directly to patients’ 
homes. The softness, comfort and form factor of the device are critical to realizing these goals and are 
possible because of advanced materials processing and integration schemes.  
Wearable, wireless flow monitoring, as a platform, has applications beyond cerebrospinal fluid sensing 
through shunts. In an immediate sense, we are pursuing applications in flow monitoring through grafts 
and fistulas[1] in patients with end-stage renal failure. Peripheral vascular disease and diabetic vein 
monitoring[2] also represent large application spaces, with the conditions affecting 10 million and 4 
million people in the United States, respectively. As such, the devices presented here suggest pathways to 
sensing platforms with the potential to improve the quality of care for large numbers of patients.  
Future areas of research from a sensor development standpoint could include the integration of large 
arrays of sensing/actuating elements that are individually addressable via miniaturized active backplane 
electronics and on-board multiplexers for high resolution thermal mapping. Additionally, tunable 
actuation areas on the same platform could be used to calculate skin thickness, depth-dependent thermal 
properties and flow rates across an entire physiological range from CSF (<0.5 ml/min) to veins (<10 
ml/min) and arteries (<1000 ml/min). The integration of thermal sensing with 3-axis accelerometry 
platforms[3] could provide dynamic real-time correlations between flow and position, to yield novel 
insights into the action of vein valves and microvascular dynamics. Finally, the local heating of skin 
induces local perfusion changes that are mediated by local neural mechanisms that are poorly understood. 
The combination of thermal actuators and perfusion sensors locally at the site of skin could provide 
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interesting pathways to study these responses to better understand the role of nitric oxide and local 
sympathetic nervous responses in mediating blood flow[4]. 
Outlook for consumer technology 
The work presented in Chapters 2-3 could have immediate utility in the measurement of skin hydration. 
Conventional hydration sensors rely on impedance measurements and susceptible to artifacts due to 
changing contact pressure. Thermal techniques that rely on NFC-based energy harvesting and 
transmission could allow for a more robust approach that is relatively insensitive to subtle changes in 
contact force. Additionally, the manufacture and construction of these sensors is readily aligned with 
high-volume, low cost techniques that are standard in the flexible circuit-board industry, suggesting 
straightforward pathways to commercial deployment.  
Outlook for neuroscience applications 
The implantable nerve sensors discussed here represent, I believe, a novel, exciting research space, 
bringing together materials science, mechanics, electronics designs and neuroscience research. The 
implications for research on diabetic neuropathy could be significant. Currently, there exist no ways to 
quantify reduced blood flow in peripheral nerves over continuous periods, though several acute studies 
performed with laser doppler flowmetry suggest a strong correlation between impaired flow and sensory 
abnormalities and reduced nerve function[5, 6]. 
In particular, recent developments that combine NFC powering schemes with BLE data transfer offer the 
best of both technologies, allowing for continuous, high-quality data streams without the need for 
recharging. Moreover, the addition of thermally insulating materials such as soft, bio-compatible foams 
has shown an order of magnitude improvement in the measured signal to noise ratio, to a level where 
continuous real-time measurements in awake, freely moving animals could be possible.  
Ultimately, these developments could lead to closed loop sensing and therapies at the site of the nerve, 
coupling indications of nerve health via blood flow measurements to the microfluidic delivery of 
pharmacological agents[7], light[8]or electrical signals to promote nerve healing[9]. 
Opportunities for unusual materials integration 
Work in recent chapters has demonstrated the effectiveness of negative temperature coefficient 
temperature sensors, a class of sensing materials typically based on oxide-based ceramics[10]. 
Commercially packaged versions of these sensors offer exemplary resistance to corrosion and high levels 
of durability. However, in thin-film, unpackaged formats they are susceptible to hydrolysis in 
biofluids[11-16], in a manner that can be exploited to realize physically transient [17] sensors that will 
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obviate the need for surgical removal of the device. Several of the building blocks for this technology, 
including transient NFC coils, active electronic elements, cuffs[9] and data transmission systems[18] have 
already been experimentally realized, and present a viable pathway forward.  
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SUPPLEMENTARY INFORMATION TO CHAPTER 2 
This appendix was published as the supplementary information for “Multimodal epidermal devices for 
hydration monitoring” by S. Krishnan, Y. Shi, R.C Webb, P. Bastien, K.E Crawford, A. Wang, X. Feng, 
M. Manco, J. Kurniawan, E. Tir, Y. Huang, G. Balooch, R. Pielak and J.A Rogers., Microsystems and 
Nanoengineering, 2, 17014(2017).  
A.1 NOTES FOR CHAPTER 2 
Supplemental Note S1: Fabrication of Sensors 
Fabrication procedure for 1 x Thermal/Flow Sensor Array- both epidermal and implantable 
Prepare polymer base layers 
Spin coat with PMMA 495-A2 (poly(methyl methacrylate), spun at 3,000 rpm for 45 s). 495-A4 will 
also work. 
Anneal at 180 °C for 1 min 
Spin coat with polyimide (PI, poly(pyromellitic dianhydride-co-4,4′ -oxydianiline), amic acid 
solution, Sigma-Aldrich, spun at 6,000 rpm for 45 s) 
Anneal at 110 °C for 30 s 
Anneal at 150 °C for 5 min 
Anneal at 250 °C under vacuum for 1 hr 
Deposit first metallization 
E-beam 10/100 nm Cr/Au Pattern photoresist (PR; Clariant AZ5214, 3000 rpm, 30s; Bake 110 °C, 1 
min) with 365 nm optical lithography through iron oxide or Cr Mask (Karl Suss MJB3 or MJB4) for 
6s. Cr is for Adhesion, Au is the main sensor layer.  
Develop in aqueous base developer (MIF 917) 
Etch Cr with Cr Etchant  
Etch Au with Au TFA Etchant (KI- KOH solution) 
Remove PR w/ Acetone. Rinse thoroughly with water (2 cycles).  
 
Deposit second metallization 
E-beam 20/500/20/25 nm Ti/Cu/Ti/Au 
Pattern photoresist (PR; Clariant AZ5214, 3000 rpm, 30s; Bake 110 °C, 1 min) with 365 nm optical 
lithography through iron oxide mask (Karl Suss MJB3 or MJB4). Expose for 6 seconds. 
Develop in aqueous base developer (MIF 917) 
Etch Au with Au TFA etchant 
Etch Ti w/ BOE 
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Etch Cu w/ CE-100 
Etch Ti w/ BOE 
Remove PR w/ Acetone, IPA 
Apply encapsulation 
Spin coat with polyimide (PI, poly(pyromellitic dianhydride-co-4,4′ -oxydianiline), amic acid 
solution, Sigma-Aldrich, spun at 6,000 rpm for 45 s) 
Anneal at 110 °C for 30 s 
Anneal at 150 °C for 5 min 
Spin second coat with polyimide (PI, poly(pyromellitic dianhydride-co-4,4′ -oxydianiline), amic acid 
solution, Sigma-Aldrich, spun at 3,000 rpm for 45 s) 
Anneal at 110 °C for 30 s 
Anneal at 150 °C for 5 min 
Anneal at 250 °C under vacuum for 1 hr, in designated PI oven. 
Pattern photoresist (PR; Clariant AZ4620, 3000 rpm, 30s; Bake 110 °C, 3 min) with 365 nm optical 
lithography through iron oxide mask (Karl Suss MJB3). Expose for 15s.  
Develop in aqueous base developer (AZ 400K, diluted 3:1) 
Etch in March RIE (200 mTorr, 150 W, 20 sccm O2, ~1800s). If using nanomaster, use 200W 
Polymer recipe for 20 mins. 
 
Release, Pick up and Print onto Silicone Elastomer 
Release in Acetone at 50C for 1-5 mins (have to observe closely- lots of variability in release time).  
Pick up with 3M Water Soluble PVA Tape 
E-Beam Deposit 3/30 nm Ti/SiO2 on Device Side of Tape  
UV-O treat PDMS (either ecoflex or Sylgard 184 10:1) for 5 mins.  
Stick Ti/SiO2 side of device onto UV-O treated side of PDMS.  
Dissolve PVA tape in DI Water on hot plate at 100 C. 
 
Supplemental Note S2: Transient Plane Source (Hot Disc) Algorithm 
A major limiting factor preventing the complete deployment of the transient plane source formulation 
is the computationally expensive nature of the algorithm. In principle, for each individual time point, 
the quantity τ is computed, from which D(τ) can be obtained. A standard fitting algorithm requires 
this quantity to be computed for each experimental time point, and then iteratively until a local 
minimum in the error function is obtained. To significantly simplify this procedure, we first computed 
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the quantity D(τ) for the entire range of experimentally observed values of τ. This creates a 50,000 
point mesh for 0< τ<15. This computed curve appears in Fig. A5a. This high-resolution mesh implies 
a one-time computational cost, but the resulting tabulated values can be easily stored in digital 
memory after this initial computation. In implementing the curve-fitting algorithm, the quantity D(τ) 
does not need to be computed for each time point, but can simply be looked up (and rounded up to the 
nearest corresponding computed value). On a standard i7 processor running Windows 7 OS, this 
reduced the computation time from 4 days to <10 s for each data point. A resulting curve fit on a 
representative porcine skin sample is shown in Fig. A5b.   
Supplemental Note S3: Simple, Analytical effective medium models for predicting trends in 
thermal conductivity with hydration 
The thermal conductivity of a skin-water composite, kcomposite, can also be modeled by a simple rule of 
mixtures, as was done for the density and specific heat capacity in Eqs.9-10. The dependence of 
kcomposite on water content, x, (0<x<1) can be captured using two different models that represent upper 
and lower bounds. The first, a parallel model, appears schematically in Fig. A6a. Here, the 
temperatures at the boundaries of the matrix define by y = 0 and y = d are fixed at T = 0 K and T = 1 
K respectively, with the top and bottom boundaries assumed to be adiabatic. An increase in water 
content, x, corresponds to an increase in the thickness of the water layer in this matrix. Pure water is 
more thermally conductive than dry skin (kwater = 0.6 W/m-K, kdry skin = 0.2 W/m-K), and the thicker 
water layer creates lower resistance to heat flow, and corresponds to a higher value of kcomposite. The 
thermal conductivity of this system, kcomposite, parallel can be written down mathematically as:  
𝑘𝑐𝑜𝑚𝑝𝑜𝑠𝑖𝑡𝑒,𝑝𝑎𝑟𝑎𝑙𝑙𝑒𝑙 = 𝑥𝑘𝑤𝑎𝑡𝑒𝑟 + (1 − 𝑥)𝑘𝑑𝑟𝑦 𝑠𝑘𝑖𝑛  (A.1) 
A different model, assuming a skin-water composite constructed such that the skin and water are in 
series, appears schematically in Fig. A6b. As with the parallel model, the temperature as at the 
boundaries defined by y = 0 and y = d represent are kept fixed at T = 0 K and T = 1 K respectively, 
and the top and bottom boundaries are assumed to be adiabatic. In this system, kcomposite,series can be 
modeled as a function of x using an inverse rule of mixtures and can be written down as:  








   (A.2) 
An exact, theoretical formulation for the 2D case shown in Fig. 2.3a  can be written down as [1] 
𝑘𝑐𝑜𝑚𝑝𝑜𝑠𝑖𝑡𝑒,2𝐷 =  𝑘𝑑𝑟𝑦 𝑠𝑘𝑖𝑛 [
(𝑝+1)+𝑥(𝑝−1)
(𝑝+1)−𝑥(𝑝−1)
]   (A.3) 
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Where 𝑝 =  𝑘𝑤𝑎𝑡𝑒𝑟/𝑘𝑑𝑟𝑦 𝑠𝑘𝑖𝑛. Similarly, for the 3D case, kcomposite can be written down as: 
𝑘𝑐𝑜𝑚𝑝𝑜𝑠𝑖𝑡𝑒,3𝐷 =  𝑘𝑑𝑟𝑦 𝑠𝑘𝑖𝑛 ⌊
(𝑝+2)+2𝑥(𝑝−1)
(𝑝+2)−𝑥(𝑝−1)
⌋    (A.4) 
Theoretical curves corresponding to Eqs. (A3.1-A3.4) appear in Fig. A6c. The parallel model (black 
curve) is linear, and defines an upper bound, while the series model (red curve) is nonlinear and 
defines a lower bound. This linearity in the case of the parallel model and nonlinearity in the case of 
the series model are consistent with established theory on the rule of mixtures. The FEA-computed 
curves, as described in section 3, also appears in Fig. A6c (blue and pink points), and closely match 


























Figure A1. DSC Scans and transient temperature response on test materials. a. Temperature as a 
function of applied power for the test materials listed, for a heating rate of 5˚ C/min. b. Calculated 
specific heat capacity across temperature range. c. Transient temperature rise curve using ETPS for 





Figure A2. Correlations for clinical data: Boxplot matrices correlating measured and derived 
parameters for 18-30 (blue) and 50-60 (red) age groups when applied treatment is a. Occlusive patch, 





Figure A3. Boxplot representation for clinical data for a. Corneometer, b. thermal conductivity 





Figure A4. Area-Under-Curve (AUC) analysis for clinical data for a. Corneometer, b. thermal 






Figure A5: Numerical curve-fitting algorithm. a. Non-dimensional parameter D(τ) computed for 
range of τ encountered in experiments. This pre-computed curve is used to repeatedly curve fit the 






Figure A6: Effective medium modeling for water-skin composite.a. Schematic illustration of 
parallel model of skin-water composite. b. Schematic illustration of series-model for skin-water 
composite. c.Thermal conductivity variation with water content, x, (0<x<1) calculated using parallel 




Figure A7. Reproducibility: 9 successive measurements made on test material (PDMS, sylgard 184, 
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SUPPLEMENTARY INFORMATION TO CHAPTER 3  
This chapter was first published as supplementary information for “Wireless battery-free epidermal 
electronics for continuous, quantitative, multimodal thermal characterization of skin” by S.R Krishnan. C-
J. Su, Z. Xie, M. Patel. S.R Madhvapathy, Y. Xu, J. Freudman, B. Ng, S-Y. Heo, H. Wang, T.R Ray, J.P 
Leshock, I. Stankiewicz. X. Fend, Y. Huang and J.A Rogers. The wireless designs were done in close 
collaboration with colleagues in the John Rogers group, and the finite element models were obtained in 
collaboration with theorists. 
B.1 SUPPLEMENTARY INFORMATION 
Note S1: Fabrication Procedures 
Wafer preparation 
1. Spin coat PMMA onto clean, dry Silicon wafer and bake at 180C for 3 minutes  
2. Spin cast Polyimide (PI 2545) at 3000 rpm for 30s (3 um film).  
3. Cure at 90C for 30s,150 C for 5 minutes and 250 C for 1hr 10 mins under vacuum and N2 purge (PI 
oven is recommended) 
 First Metallization Layer 
6. Deposit Cr/Au bilayer, 10/50nm, by e-beam evaporation (or by sputtering if sources are available) 
(Sensor resistance- 250Ohm, heater resistance- 24kOhms.) 
7. Spin coat AZ 5214 PR, at 3000 rpm for 30s  
8. Bake at 110 C for 60s  
9. Expose with 365 nm (i-line) and through appropriate mask (exposure energy 54 mJ, 6s on MA6 Ch1)  
10. Develop in AZ 400K (4:1 Water:Developer) for 50s.  
11. Etch away gold (KOH+KI solution) and Cr layers.  
12. Wash off photoresist 
Final PI Layer 
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13. Spin cast Polyimide (PI 2545) at 3000 rpm for 30s (3 um film).  
14. Cure at 90C for 30s,150 C for 5 minutes and 250 C for 1hr 10 mins under vacuum and N2 purge (PI 
oven is recommended) 
15. Deposit 75 nm SiO2 via sputtering  
16. Spin AZ 5214, 30s, 2000rpm, bake for 30s  
17. Expose through appropriate mask 10s, develop in AZ400K, 4:1  
18. Etch using SF6 chemistry in RIE 
19. RIE, etch using the following parameters: 13.3 Pa, 200W, 100 SCCM O2 70 minutes  
 Release and Transfer 
20. Release in room temperature acetone for 6 hrs  
21. Transfer using water soluble tape (PVA or cellulose)  
22. Deposit 75 nm SiO2 onto devices mounted on tape via sputtering  
23. Separately, prepare surface treated glass slides (preferably treated with PMMA), with ecoflex spun at 
3000 rpm  
24. Place glass slides in UVO box for 5 mins or corona treater for 30s  
25. Immediately transfer devices with SiO2 face down onto hydrophilic ecoflex.  
26. Cure at 70C for 1hr  
27. Dissolve tape in warm water for 90 minutes  
28. Dry overnight, make external connections to flexible PCB and antenna via reflow soldering.  
Note S2: Effective medium models 
Skin is a composite of a dry collagen matrix and water, with a depth-dependent compositional variability. 
Effective medium models represent a simple, computationally inexpensive way to predict the variability in 
thermal properties with moisture content in the epidermis and assume that the only contents of the epidermis 
are water and dry collagen. We consider four types of models, where the effective thermal conductivity of 
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the skin, kskin is a function of the volumetric filling fractions of water, ϕwater, and collagen ϕcollagen  (where 
ϕcollagen + ϕwater =1), kwater and kcollagen. The first is a simple rule of mixtures, where kskin is given by[1, 2]  
𝑘𝑠𝑘𝑖𝑛 = 𝜙𝑐𝑜𝑙𝑙𝑎𝑔𝑒𝑛𝑘𝑐𝑜𝑙𝑙𝑎𝑔𝑒𝑛 + 𝜙𝑤𝑎𝑡𝑒𝑟𝑘𝑤𝑎𝑡𝑒𝑟 
The above expression results in a simple, linear form but does not account for any space filling 
requirements. The Maxwell-Garnett formulation represents the upper limit of an isotropic composite, and 
is given by 
𝑘𝑠𝑘𝑖𝑛 = 𝑘𝑐𝑜𝑙𝑙𝑎𝑔𝑒𝑛(
2𝜙𝑤𝑎𝑡𝑒𝑟(𝑘𝑤𝑎𝑡𝑒𝑟 − 𝑘𝑐𝑜𝑙𝑙𝑎𝑔𝑒𝑛) + 𝑘𝑤𝑎𝑡𝑒𝑟 + 2𝑘𝑐𝑜𝑙𝑙𝑎𝑔𝑒𝑛
2𝑘𝑐𝑜𝑙𝑙𝑎𝑔𝑒𝑛 + 𝑘𝑤𝑎𝑡𝑒𝑟 − 𝜙𝑤𝑎𝑡𝑒𝑟(𝑘𝑐𝑜𝑙𝑙𝑎𝑔𝑒𝑛 − 𝑘𝑤𝑎𝑡𝑒𝑟)
 
Finite element models on periodic skin structures with 2-D and 3-D filling with water can also be utilized 
to predict thermal transport through skin composites using simple space filling arguments. The results of 
these simulations are detailed in previous reports[3]. Finally, the Brugemann effective medium model 




) + 𝜙𝑐𝑜𝑙𝑙𝑎𝑔𝑒𝑛 (
𝑘𝑐𝑜𝑙𝑙𝑎𝑔𝑒𝑛 − 𝑘𝑠𝑘𝑖𝑛
𝑘𝑐𝑜𝑙𝑙𝑎𝑔𝑒𝑛 + 2𝑘𝑠𝑘𝑖𝑛
) = 0 
 
Resulting in a quadratic equation in kskin, which can be solved for different values of ϕwater, and ϕcollagen. Each 
of these formulations is shown in Fig. B2, assuming   kwater =0.15 W/m-K and kcollagen=0.60 W/m-K. The 
Maxwell-Garnett and Brugemann formulations represent upper and lower bounds, and the data points 
represent averages computed between these two quantities, with error bars representing variance. A simple 
polynomial fit for these computed points results in the conversion shown in Fig. 3.2D.  
Note S3: Tests on fluidic samples 
Investigations of mixtures of glycol (k = 0.19 W/m-K) and water (k = 0.6 W/m-K) at controlled ratios (0%, 
20%, 40%, 60%, 80%, 100% glycol by weight) establish the ability of eWTS to measure thermal 
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conductivities across a range that spans that of dessicated (~0.19 W/m-K) and fully hydrated (0.5 W/m-K) 
skin that is free of near-surface macro vessels.  See the schematic illustration in Fig. 3.4G, and the IR image 
in Fig. 3.4H. Measurements of ΔT(t) for each of these ratios appear in Fig. 3.3I.  The increase in temperature 
two seconds after actuation, ΔT(t=2s), as in Fig. 3.4J, varies monotonically with water content, in good 
agreement with the Brugemann symmetric, effective medium model for effective thermal transport through 


























B1. Experimental calibration data showing the change in resistance of patterned, gold thin-film 
temperature sensor with temperature measured by IR imaging. The experimentally measured and 
theoretically predicted slope are both shown. 
 
 
B2. Effective medium models. Relationship between skin hydration as a weight fraction of total skin 
weight (wH2O/wskin), and kskin as predicted by the Brugemann effective medium model, the Maxwell-
Garnett effective medium model, a simple rule of mixtures, 2D and 3D FEA models dictated by space-















B3. Tests on fluid phantoms with thermal properties that bound those of skin A. Schematic 
illustration of an eWTS with a droplet of glycol/DI H2O mixture. B. IR image showing a cold droplet 
on the sensing/actuating element. C. Transient temperature rise for different ratios of DI H2O and glycol 
by wt-%, showing different thermal response. D. Measured temperature increase 2 s after actuation, 






















B5. LTSpice simulation of analog front end, with simulated output from Op Amp for change in TCR 






























B10. Scatterplot matrix showing correlations between the temperature rise measured by the sensor, 
the starting temperature, the moisturemeter measurement and ambient conditions as determined by 
weather logs for humidity and temperature at the times of the measurement for Evanston, IL during the 






B11. Noise analysis showing the effects of A-B. Resolution, C. The texturing of skin D. Code transition 
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SUPPLEMENTARY INFORMATION TO CHAPTER 4 
This chapter was first published as supplementary information for “Epidermal electronics for 
noninvasive, wireless quantitative assessment of ventricular shunt function in patients with 
hydrocephalus” by S.R Krishnan. T.R Ray, A.B Ayer, Y. Ma, P. Gutruf, K.H Lee, J.Y Lee, C.Wei, X. 
Feng, B. Ng, Z.A Abecassis, N. Murthy, I. Stankiewicz, J. Freudman, J. Stillman, N. Kim, G. Young, C. 
Goudeseune, J. Ciraldo, M. Tate, Y. Huang, M. Potts and J.A Rogers” in Science Translational Medicine 
10, eeat8437. The finite element models presented here were obtained in close collaboration with 
theorists, while the PCA analysis was performed in collaboration with colleagues in the Rogers research 
group.  
 
C.1 SUPPORTING INFORMATION 
S1: Fabrication of Epidermal Square Arrays (ESA)  
Wafer preparation 
4. Spin coat PMMA onto clean, dry Silicon wafer and bake at 180C for 3 minutes  
5. Spin cast Polyimide (PI 2545) at 3000 rpm for 30s (3 um film 
6. Cure at 90C for 30s,150 C for 5 minutes and 250 C for 1hr 10 mins under vacuum and N2 purge (PI 
oven is recommended) 
First Metallization Layer 
6. Deposit Cr/Au bilayer, 10/50nm, by e-beam evaporation (or by sputtering if sources are available) 
(Sensor resistance- 250Ohm, heater resistance- 24kOhms.) 
7. Spin coat AZ 5214 PR, at 3000 rpm for 30s  
8. Bake at 110 C for 60s  
9. Expose with 365 nm (i-line) and through appropriate mask (exposure energy 54 mJ, 6s on MA6 Ch1)  
10. Develop in AZ 400K (4:1 Water:Developer) for 50s. Undiluted AZ917 MIF will also work.  
11. Etch away gold (KOH+KI solution) and Cr layers. Typical etch times for each layers are 10s, but 
inspection by eye is the most reliable. 
12. Wash off photoresist 
Second Metallization Layer 
13. Deposit Ti/Cu/Ti/Cu 30nm/550nm/30nm/50nm by ebeam evaporation (use a rate of no greater than 
2A/s for Cu, preferrably 1A/s. Gold rate: 1A/s, Ti Rate: 0.5A/s).  
14. Spin coat AZ 5214 PR, at 3000 rpm for 30s  
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15. Bake at 110 C for 60s  
16. Expose through appropriate mask (exposure energy 54 mJ, 6s on MA6 Ch1)  
17. Develop in AZ 400K (4:1 Water:Developer). Undiluted AZ917 MIF will also work.  
18. Etch away metal layers (Titanium etches in BOE, traditional etchants for the rest). Typical etch times 
for each layers are 10s, but inspection by eye is the most reliable. 
19. Wash off photoresist 
 PI Dielectric Layer 
20. Spin PI 2545, 6000 rpm for 30s 
21. Cure for 30s at 90C, 5 mins at 150, 1 hr 10 mins at 250C under vacuum and N2 purge (PI oven is 
recommended) 
22. Repeat step 20-21 (double layer is to prevent pinholes in PI film)  
23. Spin SPR 220 PR, 3000 rpm, 30s  
24. Bake at 110C for 180s  
25. Expose with 365 nm light (i-line) and appropriate mask (should be clear polarity). Total exposure energy 
= 117 mJ (13s on MA6)  
27. Develop in AZ 400K 4:1 for 90s 
28. Etch in March RIE: 25 SCCM O2, 200 mTorr, 200W, 800s. If unsure, probe after 600s. Remove 
remaining PR via flood exposure and development in undiluted AZ 400K. 
Third Metallization Layer 
29. Deposit Ti/Cu/Ti/Cu 30nm/550nm/30nm/50nm by ebeam evaporation (use a rate of no greater than 
2A/s for Cu, preferrably 1A/s. Gold rate: 1A/s, Ti Rate: 0.5A/s).  
30.  
31. Spin SPR 220 PR, 3000 rpm, 30s  
32 Bake at 90C for 180s  
33. Expose with 365 nm light (i-line) and appropriate mask. Total exposure energy = 117 mJ (13s on MA6) 
34. Develop with AZ 400K 4:1, for 120s 
35. Etch metal layers 
36. Wash off PR 
 
 Final PI Layer 
37. Spin cast Polyimide (PI 2545) at 3000 rpm for 30s (3 um film).  
38. Cure at 90C for 30s,150 C for 5 minutes and 250 C for 1hr 10 mins under vacuum and N2 purge (PI 
oven is recommended) 
39. Deposit 75 nm SiO2 via sputtering  
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40. Spin AZ 5214, 30s, 2000rpm, bake for 30s  
41. Expose through appropriate mask 10s, develop in AZ400K, 4:1  
42. Etch using SF6 chemistry in RIE 
43. RIE,  etch using the following parameters: 13.3 Pa, 200W, 100 SCCM O2 70 minutes  
Release and Transfer 
44. Release in room temperature acetone for 6 hrs  
45. Transfer using water soluble tape (PVA or cellulose)  
46. Deposit 75 nm SiO2 onto devices mounted on tape via sputtering  
47. Separately, prepare surface treated glass slides (preferably treated with PMMA), with ecoflex spun at 
3000 rpm  
48. Place glass slides in UVO box for 5 mins or corona treater for 30s  
49. Immediately transfer devices with SiO2 face down onto hydrophilic ecoflex.  
50. Cure at 70C for 1hr  
51. Dissolve tape in warm water for 90 minutes  
52. Dry overnight, make external connections 
 Fabrication of Epidermal Linear Arrays (ELA) 
Wafer preparation 
7. Spin coat PMMA onto clean, dry Silicon wafer and bake at 180C for 3 minutes  
8. Spin cast Polyimide (PI 2545) at 3000 rpm for 30s (3 um film). Note: Make sure PI is at room 
temperature, and that it came to room temperature while bottle lid was firmly closed. 
9. Cure at 90C for 30s,150 C for 5 minutes and 250 C for 1hr 10 mins under vacuum and N2 purge (PI 
oven is recommended) 
 
First Metallization Layer 
6. Deposit Cr/Au bilayer, 10/50nm, by e-beam evaporation (or by sputtering if sources are available) 
(Sensor resistance- 250Ohm, heater resistance- 24kOhms.) 
7. Spin coat AZ 5214 PR, at 3000 rpm for 30s  
8. Bake at 110 C for 60s  
9. Expose with 365 nm (i-line) and through appropriate mask (exposure energy 54 mJ, 6s on MA6 Ch1)  
10. Develop in AZ 400K (4:1 Water:Developer) for 50s. Undiluted AZ917 MIF will also work.  
11. Etch away gold (KOH+KI solution) and Cr layers. Typical etch times for each layers are 10s, but 
inspection by eye is the most reliable. 




Final PI Layer 
37. Spin cast Polyimide (PI 2545) at 3000 rpm for 30s (3 um film). Note: Make sure PI is at room 
temperature, and that it came to room temperature while bottle lid was firmly closed. 
38. Cure at 90C for 30s,150 C for 5 minutes and 250 C for 1hr 10 mins under vacuum and N2 purge (PI 
oven is recommended) 
39. Deposit 75 nm SiO2 via sputtering  
40. Spin AZ 5214, 30s, 2000rpm, bake for 30s  
41. Expose through appropriate mask 10s, develop in AZ400K, 4:1  
42. Etch using SF6 chemistry in RIE 
43. RIE,  etch using the following parameters: 13.3 Pa, 200W, 100 SCCM O2 70 minutes  
 
Release and Transfer 
44. Release in room temperature acetone for 6 hrs  
45. Transfer using water soluble tape (PVA or cellulose)  
46. Deposit 75 nm SiO2 onto devices mounted on tape via sputtering  
47. Separately, prepare surface treated glass slides (preferably treated with PMMA), with ecoflex spun at 
3000 rpm  
48. Place glass slides in UVO box for 5 mins or corona treater for 30s  
49. Immediately transfer devices with SiO2 face down onto hydrophilic ecoflex.  
50. Cure at 70C for 1hr  
51. Dissolve tape in warm water for 90 minutes  
52. Dry overnight, make external connections 
 
Spatial Interpolation for Heat Maps 
The density of the ESA enables spatial mapping of the temperature anisotropy that results from fluid flow. 
These maps result from the processing of raw measurements from the ESA. The ESA is represented by a 
10 x 10 x N tensor (note, variables noted in bold are matrices), where the rows and columns map to sensor 
position (Fig. C6A) and N is the total number of frames (time points) in an ESA measurement sequence. A 
linear calibration curve for each sensor enables direct conversion of the raw ESA measurements (Imeas, 
converted to resistance via V=IR), to temperature (Fig. C6B). As previously described, the ESA, placed on 
a hotplate, records a series of steady-state temperatures (N=5+) for fixed time intervals (5 min) while time-
series IR thermographs simultaneously record the temperatures of the hot plate and ESA. A linear least 
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squares fit provides a linear calibration between the temperature values recorded via IR thermography and 
the measurements recorded for each ESA sensor yielding a Tcal calibration matrix (10 x 10). Converting 
the raw ESA measurements with Tcal yields TESA, N which is the calibrated ESA temperature measurements 
at time N (Fig. C6B). TESA, N is the basis for all subsequent ESA data processing. 
Conversion of TESA, N to TNORMALIZED, N results from the subtraction of the background temperature 
TBACKGROUND from each frame N (Fig. C6C). This background subtraction eliminates the temperature signal 
beyond the signal generated by the thermal actuator. This results in the boundary conditions (i.e. the 
background subtracted on-skin temperature) for TNORMALIZED, N being 0 °C, as verified from IR 
thermography. As the signal relevant to the analysis and visualization of flow is the flow-induced 
anisotropic thermal transport, the isotropic heat transfer component from the thermal actuator TACTUATOR 
(i.e. signal without flow) is subtracted from each frame N. TACTUATOR is assumed to be a constant value for 
a given on-body test as it directly depends on the thermal transport characteristics of the skin of a patient. 
Practically, this requires a short (~ 1 min) ESA measurement of the steady-state isotropic heat transport 
resulting from the thermal actuator at an off-catheter location on the patient’s body.  
As previously described, the density of the ESA enables the mapping of temperature values to the physical 
spatial coordinates of each sensor to generate an epidermal analog to IR thermography. As the physical 
locations of each sensor, with respect to the thermal actuator (centered at 0 mm, 0 mm), are known a priori, 
a sparsely populated square matrix corresponding to physical device dimensions provides a virtual device 
representation where each matrix value (ith row, jth column) is a simulated square thermal “pixel.” For this 
work, a simulated square “pixel” array is larger than the ESA (physical grid:17 mm x 17 mm, 10 px mm-1) 
resulting 170 x 170 x N tensor of a time-series measurement of N frames. The values from TNORMALIZED, N 
are then mapped to the sensor locations contained in the pixel array. The temperature map results from 
fitting a surface to the measured TNORMALIZED, N values for each frame N via meshed bicubic interpolation 
in MATLAB[1] (boundary conditions °C from IR thermograph, thermal actuator temperature recorded 
during ESA measurement), the results shown in Fig. C6D. As this is a sparsely populated matrix, the 
interpolation process fits a surface of best fit to capture the included data points with a weighting preference 
given to fitting the data rather than yielding a smooth surface fit — an approach commonly found in 
cartography for mapping contoured topography data[2] and medicine for brain imaging[3].  
As the signal relevant to the analysis and visualization of flow is the flow-induced anisotropic thermal 
transport, the isotropic heat transfer component from the thermal actuator TACTUATOR (i.e. signal without 
flow) is subtracted from each frame N (with actuator activated). TACTUATOR is assumed to be a constant 
value for a given on-body test as it directly depends on the thermal transport characteristics of the skin of a 
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patient. Practically, this requires a short (~ 1 min) ESA measurement of the steady-state isotropic heat 
transport resulting from the thermal actuator at an off-catheter location on the patient’s body.   
 
Principle Components Analysis (PCA): 
The schematic illustration in Fig. C4A identifies two regions of the ESA (upstream, downstream) which 
each contain a set of 50 temperature sensors. Fig. C4B shows a PCA analysis of an additional flow study 
to that presented in Figure 2 of the main text to illustrate the utility in distinguishing between actuator state 
(heat on/off) and flow condition (no flow, flow) for ESA sensors both inline and normal to the catheter 
position. The study uses a single flow condition of 0.02 ml min-1 and an actuation power of 1.8 mW mm-2. 
As Figure S5B indicates, the flow state is distinguishable via PCA analysis regardless of sensor alignment 
(inline vs. normal). 
A series of PCA models for different upstream sensors (identified via color in Fig. C5A) were generated 
to better explore the utility of Principle Component Analysis (PCA) in identifying orientation of the ESA 
to the catheter (and thus flow) shown in Fig. C6C. The flow data is the same as presented in Figure 2 of 
the main text containing two different flow states (0.02 ml min-1 and 0.2 ml min-1). As stated previously, 
the first two components (PC1, PC2) describe approximately 92% of the overall variability of the data 
(~70.5% PC1, ~22.1% PC2) with the remainder (8% across PC3:PC50) associated with noise. A 
comparison of the data clusters and principal components shows that PC1 primarily relates to the degree 
of thermal actuation while PC2 relates to the presence or absence of flow. Mapping the variables to the 
PCA biplot indicates sensor correlation to fluid flow. In each PCA biplot, an overlay of largest factor 
corresponding to the downstream sensor known to be proximal (red) to fluid flow shows the positive 
correlation to fluid flow for both orthogonal and inline upstream sensors (Fig. C6C). Fig. C6C shows 
PCA models for each sensor (1-5). As the selected sensor approaches the inline orientation (i.e. aligned), 
the separation between flow off / flow on clusters increase in magnitude. When aligned with the flow, the 
orientation PCA model components PC1 and PC2 most strongly reflect thermal actuation and flow state 
(Fig. C5C). This further supports the utility of PCA for scenarios without a priori orientation in 
evaluating correlations between upstream sensors and flow state and, therefore, orientation of the catheter 
relative to the ESA. With ESA orientation established, a separate PCA model for the actual thermal flow 
data (TNORMALIZED, N) provides direct classification of thermal actuation state and flow state whereby the 






Transient Plane Source for in-vivo measurements of thermal transport 
Measurement of thermal transport properties in-vivo is accomplished via curve fitting the transient 
temperature rise of the circular actuator, Tactuator after low power actuation begins. This rise is given by  
 




𝐷(𝜏)                   (
 C.1) 
Where Pactuator is the total power supplied (P=I2R), and D(τ)  is given by  
 













                           (C.2)                               
Where τ is dimensionless time, given by  
 
𝜏 =  √𝑡𝛼/𝑎2       (C.3) 
The thermal properties of interest, thermal conductivity (k) and diffusivity (α) can therefore be fitted from 
the analytical equations above. The quantity a represents a characteristic length associated with the sensor 
diameter. Calibration of the sensor with test media bounding the thermal properties of skin (e.g, Water, 
Ethylene Glycol) yield an effective value of a that accounts for sensor’s multilayered construction and 
coiled geometry. Time-dependent diffusion defined the penetration depth of these sensors and is computed 
numerically revealing most of the thermal field to be confined to <1.5 mm after 4s of actuation, as shown 
in Fig. C7.  
In vivo measurements of thermal properties and flow 
Transient, off-shunt measurements of Tactuator define the thermal transport properties of the patient’s skin.  
A representative response before, during and after actuation appear in Fig. 5D. Fitting data collected over 
relatively short actuation times (4s) allows determination of thermal properties associated with the 
superficial, avascular epidermal skin layers relevant for the flow measurements. Values of kskin and αskin 
extracted from these data appear in Figs. 5E-F; the magnitudes are comparable to expected values.  Data 
from the flow sensor are in Figs S25 C-D, where the red, black and blue curves represent the temperatures 
measured from the upstream sensor, the downstream sensor, and the actuator, respectively.   
Locations adjacent to the shunt that are free of near-surface blood macrovessels present no sources of 
thermal anisotropy and, therefore, can serve as control measurements. Results from a representative case 
are in Fig. C26, where the upstream and downstream responses are nearly identical.  
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Effect of near-surface blood flow 
A possible confounding effect for the measurement follows from blood flow through superficial veins, as 
shown in a benchtop model in Fig S21  for two skin thicknesses and in two configurations: flow aligned 
with (+x, co-flow) and opposite to (-x, counter-flow) flow of CSF flow, for rates at the upper end of the 
range typically encountered in veins located near the surface of the skin of the neck [4]. In practice, co-flow 
represents the most realistic case, as venous blood flow typically proceeds from the brain towards the heart. 
Arterial flow can be neglected since its depth (>1 cm) occurs below the limit of detectability for the sensors 
reported here.  In experiments, flow through the catheter is 0.13 ml min-1, and the phantom blood vessel 
(Rvessel = 1 mm) resides (dblood) 5 mm from the central axis of the ELA, and 2.5 mm from the edge of the 
actuator, as an extreme case. In this system, hskin is the same for both the catheter and the blood vessels. The 
counter-flow cases result in a 20% reduction in both ΔTsensors/ Tactuator and T̅sensors/Tactuator, while the co-flow 
case results in a measured reduction of <5%, corresponding to an overestimation of flow by 20% and 5% 
respectively. In practice, the ELA can easily be placed to avoid near-surface blood macro-vessels using a 
hand-held vein mapping tool [4].   
DAQ Noise 
Data analysis requires conversion of measured resistances from two sensors and one actuator into 
temperatures, and then into a flow rate. The first conversion relies on a precise, high-resolution (10 mΩ) 
measurement of resistance performed with a digital multimeter (illustrated in Fig. C17A) at a sampling 
frequency of 5 Hz. The inherent noise in the resistance measurement is 4.8 ppm over a 20-minute 
sampling window, as measured with a commercial, 1kΩ resistor and shown in Fig. C17B. The addition of 
a conducting anisotropic thin film (ACF) cable increases the noise to 12.5 ppm.  Introducing the soft 
temperature sensing element and a second ACF connection further increases the noise to 93.9 ppm.   
Conversion to temperature relies on a linear calibration with R2>0.999, corresponding to a temperature 
resolution of 15 mK.  Actuation involves a high-performance constant current source that exhibits 
remarkably stable operation, with deviations of 1.73 ppm over a 20-minute sampling window, as shown 
in Fig. C17C. 
 
Power spectral density calculations showing primarily low-frequency 1/f noise appear in Fig. C17E. 
Artifacts associated with high-frequency noise, as measured with an oscilloscope appear in Fig. C18. 
Fourier transforming data over a 50 μs sampling window reveals primarily low-frequency noise and a 
peak at 50/60 Hz, as shown in Fig. C18B.  Effects associated with shot-noise are revealed in these high 
frequency measurements. Multiple (n=5) successive resistance measurements over narrow sampling 
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windows and times (N =10-10000, t =1-1000 ns) reveal regimes where computed signal to noise (SNR = 
Ravg n =5/σn=5 )  scales linearly with the √𝑁 as shown in Figs S18 C-D. 
 
 
Detailed descriptions of patient trials 
As with any novel technology, there was a learning curve associated with included locating the tunneled 
distal shunt tubing, manipulating the device without destroying the sensor system, identifying an ideal 
placement location, appropriately laminating the device to the patient, maintaining patient position and 
preventing patient motion with resultant noise artifact generation.  However, thoughtful modifications 
based on feedback after the first patient study resulted in rapid, significant improvements.  
 
It is important to overview technical aspects of shunt placement to identify ideal placement location, 
define related terminology, and predict failure modes. This knowledge was important in the ascertainment 
of optimal sensor placement. During shunt placement, a team of two surgeons generally operates in 
tandem on the patient. Those working at the head obtain ventricular access after skin incision. This is 
performed by drilling an entry site through the skull, opening the dura matter and placing a catheter into 
the ventricle. The catheter is generally attached to a valve system, which can be regulated via pressure, 
flow, or gravity dependent metrics, some with adjustable varieties. Those working at the distal site, 
whether it is the peritoneum, pleural cavity, right atrium of the heart, or gall bladder, obtain access to the 
site of drainage. The choice of distal site is determined on a patient and surgeon specific basis and based 
on the absorptive capacities of a pool of possible recipient site from past studies. Initially, the peritoneum 
is preferred for most patients, but those patients with conditions including prominent abdominal 
adhesions, pseudocyst formation (likely resulting from malabsorption) and severe appendicitis often are 
forced to consider other options. The pleural cavity can be limited by factors such as recurrent pneumonia 
and effusion, and similarly, genetic factors like dextrocardia can limit the placement of atrial distal 
catheters. Catheter placement can be performed through laparoscopic technique for the peritoneum, gall 
bladder, and pleural cavity, Seldinger technique for the right atrium and gall bladder, or open surgical 
technique for all methods. The laparoscopic technique involves insufflating air into the patient’s abdomen 
and using instruments and a camera inserted through cutaneous ports. Once the appropriate site is 
visualized, the catheter is placed in an appropriate location, mindful of the possibility of mechanical 
obstruction or kinking. The Seldinger technique involves the use of a guidewire, often visualized under 
fluoroscopy, to place a catheter into a site after access through an initial puncture. After access is obtained 
and confirmed, a catheter is advanced over the guidewire and the wire subsequently removed. Open 
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surgery can and is often performed to gain direct access to the distal recipient site. In this study, all 
patients possessed indwelling ventriculoperitoneal shunt systems. 
 
Connecting the proximal and distal sites of shunt tubing involves tunneling the catheter subcutaneously. 
In the case of peritoneal catheters, this is accomplished by the surgeon operating proximally at the cranial 
aspect of the patient passing a long, sharp trocar containing distal shunt tubing under the skin from the 
incision, maneuvering it over the clavicle and then placing it with the recipient surgeon to be inserted into 
peritoneum. This tubing is connected to the valve assembly, which is then connected to the proximal 
catheter. Flow is confirmed through the system after all lines are flushed of air and cerebrospinal fluid 
drainage commences. Tunneling of the catheter occurs above the clavicle to prevent inadvertent 
complications from piercing the thoracic viscera, including the lung, mediastinum, and heart. It is thus at 
this point that the catheter is uniformly superficial in the majority of all shunted patients.  
 
This information is useful in ascertaining the optimal placement for the shunt catheter. As distal catheter 
subcutaneous depth plays a role in sensor measurements obtained, it is important to establish this variable. 
Radiographic imaging at the same location of sensor placement was available for two patients and was 
measured to be 1.52 mm and 1.97 mm respectively. Ultrasound imaging on a third patient revealed the 
total thickness of soft tissue to be 2 mm. Further, for patients with varying habitus or differing skin 
thickness, the sensor was also verified through benchtop skin thickness experiments confirming 
performance at levels up to 6 mm in depth. Thus, it was concluded after the first patient trial that this 
would be the location for use going forward. This was validated by sensor performance in line with 
expected values for all subsequent trials after the first patient. Certain aberrations were encountered, but 
these too had clinical relevance and will be expanded upon at a later point. 
 
After location of optimal sensor placement site, handling the device was problematic during the initial 
patient trial. As a soft, flexible device lined with adhesive, it lined to surgeon hands, was difficult to align 
with the underlying shunt tubing, and delaminated with factors including patient movement, repetitive 
device uses and repositioning. Alignment relied on positioning the central core of the sensor over the 
shunt tubing, which proved problematic with an adherent device. Further, inappropriate handling led to 
mechanical destruction of the underlying electronics, leading to aberrant readings. Many of these 
problems were addressed after one substantive device improvement was performed, improving its 




The redesign of the device focused on many of factors alluded to and listed in Table (CITE), largely 
focusing on an enclosure and adhesive capabilities. A PDMS composed enclosure was laser-etched and 
added to the sensor as an external protective device. This achieved two marked performance 
improvements; first, by confining the adhesive to a limited area, a barrier was created between the sensor 
and the surgeon’s gloves. This minimized any handling issues, manifest in the first-time sensor placement 
success in all patient trials succeeding the initial. Secondly, by marking lines corresponding with the 
center of the sensor, the surgeon’s device placement was markedly easier after the localization of the 
tunneled distal catheter tubing. Clinical grade adhesive silicone (Qadhesion = 160 N/m, Dow Corning MG 
1010) was also applied to the underside of the device, which permitted secure initial placement and 
weathered patient movement and multiple uses. Importantly, this had no effect on the superficial skin, 
with no skin irritation noted nor expressed by trial subjects. 
 
As positionality is a variable with known effect on shunt performance, it was controlled by examining all 
patients upright in their hospital bed. Maintaining this position was challenging in certain patients due to 
factors including boredom, discomfort, post-surgical or chronic pain, and cognitive disability. Presence of 
family members often helped with these issues, offering conversation, empathy, or advice to allow for 
trials to run unencumbered. An unintended boost to study morale also occurred in all successive trials, as 
patient family members and caregivers expressed enthusiasm for the prospect of such a device’s function. 
 
Finally, noise artifact was noted during patient movement. These movements ranged from normal 
respirations to positional shifts due to the aforementioned factors. After examination of the device and its 
components, it was noted that the predominance of noise related issues transpired due to fluctuations in 
the AFC cables used. This prompted the development of the wireless device iteration. 
 
Pertaining to patient trials, a summary of their clinical courses and imaging findings is described in 
[CITE]. Patients 1, 2, 3, 4, and 5 were initially assessed after de novo ventriculoperitoneal shunt 
placement. This resulted in acquired sensor data reflective of functional shunt systems. However, certain 
unusual circumstances may warrant further explanation. After Patient 3’s shunt was placed, a sensor 
reading was attempted. However, despite many repositioning attempts with the new enclosure system, no 
viable measurement was obtained. While initially dismissed as device failure, review of postoperative 
imaging noted a kinked loop in the tubing as the shunt was tunneled from the transition point between the 
thick fascial connective tissue layer of the skull base and the soft tissue planes of the neck. Further 
radionuclide shunt patency studies confirmed that this kinking had led to shunt malfunction, and at that 
moment, the device first proved its capability. Patient 4 was also of interest; after initial surgical shunt 
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placement, the patient was noted to subjectively cognitively deteriorate by nursing staff. A sensor reading 
was obtained during this period, though the study team attributed these symptoms initially to recovery 
from anesthetic. No flow was ascertained during this measurement. When the patient became further 
obtunded and unarousable, it was revealed that the patient had not stooled in one week, with an with an 
abdominal X-ray performed displaying a substantive stool burden. A laxative regimen was administered 
overnight, and a follow up sensor reading demonstrated normal catheter flow. This was congruent with 
the known phenomena of pseudomalfunction, wherein severe constipation, urinary tract infection, and 
inability to void have clinically produced the clinical symptoms of shunt malfunction. Further research is 
necessary to provide exact specifics as to the nature and mechanics of these malfunction, but it was 













































   
 
Figure C1. Current pathways through resistive arrays A. IR image (top) and LTSpice current 
simulations of ESA, with equal number of input (Vsup) and output (Imeas) lines, with single sensor 
addressed with Vsup = 0.5V showing currents through same input line (row) and output line (column), 
illustrating current leakage pathways. B. Same as A. but for a non-square array (16x6), showing large 
power dissipation through non-addressed sensors in same output line (spoke). The heating of non-







Figure C2. Schematic illustration of the data acquisition and control system for an array of 100 
sensors, showing mechanical switching modules for rapid multiplexed addressing, digital multimeters 
for resistive temperature measurements and a constant-current source for controlled, low-power DC 






Figure C3. Calibration map for ESA. Temperature distribution, where each pixel corresponds to a 
residual (R2) value computed for each element in a 10x10 array from linearly fitting Imeas to temperature 
for calibration, along with flow chart detailing processing algorithm, with R2>0.99 across the array 






Figure C4. components analysis for determining the presence of flow with an ESA. A. Spatially 
precise schematic map of a device with 100 sensors, with tube position overlay and upstream (U) and 
downstream (D) temperatures. B. Principal components analysis (PCA) biplot (principle component 1 
and 2) of baseline-subtracted differentials for two conditions: a U sensor known to be (1) inline and (2) 
normal to the underlaid catheter in a benchtop system. For each condition, the selected U sensor and 
each D sensor comprise the baseline-subtracted differentials. Clustering occurs for the following cases: 
no flow and no actuation; no flow with actuation at 1.8 mW/mm-2; Actuation at 1.8 mW mm-2 and flow 






Figure C5. Principal components analysis for determining the orientation and magnitude of flow 
with an ESA. A. Spatially precise schematic map of a device with 100 sensors, with tube position 
overlay and upstream (U) and downstream (D) temperatures. B. Principal components analysis (PCA) 
biplot (principle component 1 and 2) of baseline-subtracted differentials between five (1-5) selected U 
sensors and each D sensor illustrating the identification of the sensors aligned with the flow direction 
regardless of selected sensor (red vector). When a PCA model is applied to the aligned data (used to 
generate temperature maps in Fig. 2E). PC1 correlates to presence / absence of flow and PC2 






Figure C6. Flow diagram detailing the process for conversion of raw ESA sensor recordings to a 
spatial temperature map. A. Example of raw ESA data. B. Transformation of raw ESA data to 
temperature via a calibration curve specific to each ESA. C. Temperature differentials resulting from the 
removal of background temperature D. ESA temperature map obtained from C by meshed bicubic 
interpolation of the sparsely populated grid array. This grid array corresponds to the physical dimensions 






Figure C7. Benchtop flow system A. Optical image of a benchtop system for studying responses to 
flow through an embedded shunt based on silicone skin phantom with tunable thickness. B. Optical 






Figure C8. Depth of thermal penetration Dimensionless scaling parameters illustrating the time 
evolution of heat through the skin, as a measure of depth penetration, with experimentally measured 
values for time (24s, 48s, 290s, 1442s, 4800s), thermal conductivity (kskin = 0.35 W m-1K-1) , thermal 
diffusivity (αskin=0.13 mm2s-1)  and actuator size (Ractuator = 2.5 mm). Dimensionless analysis is chosen to 






Figure C9. Transient thermal analysis of flow. Experimental and simulated transient responses of 
ΔTsensors/Tactuator for three different values of hskin for Qflow = 0.13 ml min-1 as a demonstration of an 
alternative method to quantify skin thickness, with data showing the relationship between the time 








Figure C10. Flow measurements through thick (6 mm) layers of soft tissue. A. Steady-state in vitro 
experimental measurements of ΔTsensors/Tactuator  for a range of flow rates, for hskin 6 mm, with error bars 
corresponding to standard deviations over an averaging window of 100s. B. Time-dynamic in vitro 
experimental measurements of ?̅?sensors/Tactuator  for three flow rates (Qflow = 0 ml min -1, 0.1 ml min-1, 0.5 






Figure C11. Effect of actuator power. Tactuator and Tsensors as a function of power level for Qflow = 0.13 
ml min -1 on Sylgard 184 skin phantom, showing a linear relationship between the steady-state 
temperature attained by the actuator and supplied DC power (left), and increased value of (Tupstream-
Tdownstream) with increased actuator power (right). These trends translate into the increased SNR with 






Figure C12. Experimentally measured effects of changing skin thermal properties (ΔTsensors/Tactuator) 
(A) and (Tdownstream+Tupstream)/2Tactuator  (B) measured over skin phantoms with different thermal properties 
that bound naturally occurring variation in skin, ksylgard 184 = 0.18 W m-1K-1,αsylgard 184=0.09 mm2s-1 (black 






Figure C13. Simulated effects of changing skin thermal properties Effects of varying skin thermal 
properties kskin and αskin by ∓ 15% on  A. ΔTsensors/ Tactuator  and B. ?̅?sensors/Tactuator, showing minimal 






Figure C14. Effect of ambient free air convection. Illustration of covered and uncovered actuator 
measurements (left) to yield transient rise curves, where the quantity 2(ΔTcovered)-Tcovered can be curve-
fitted to FEA models to yield the value of the convective heat transfer coefficient due to the free 






Figure C15. Effect of uncertainty in placement A. Illustration and experimental data showing the 
effect of B. rotational and C. translational mispositioning on measured values of ΔTsensors/Tactuator (black 






Figure C16. Effect of altered inter-sensor distances. A. Schematic illustration showing positions of 
actuator and upstream and downstream temperature sensors relative to underlying catheter. B. FEA 
simulation of ΔTsensors/Tactuator as a function of L, for hskin = 0.5 mm, 1.0 mm, 1.5 mm, 2.0 mm, with the 
effect of 15% strain resulting in an altered inter-sensor positional uncertainty of ∓0.375 mm, as shown 
by the rectangular bar. C. FEA simulation of ?̅?sensors/Tactuator   as a function of L, for hskin = 0.5 mm, 1.0 
mm, 1.5 mm, 2.0 mm, with the effect of 15% strain resulting in an altered inter-sensor positional 






Figure C17. Low-frequency DC noise sources. A. Simplified schematic of the data acquisition system 
for the ELA. B. Standard deviations as a function of sampling window for resistances measured by the 
ELA (black), a commercial sensor connected via ACF cable (blue) and a commercial resistor connected 
via soldered lead wires (red). C. Standard deviation as a function of sampling window for actuator 
output power. D. Standard deviation for measured ΔTsensors/Tactuator as a function of sampling window for 
Qflow = 0.13 ml min-1 on the benchtop system, when covered by an enclosure (black) and uncovered 







Figure C18. High Frequency AC and DC Noise. A. Schematic illustration of the experimental system. 
B. Fourier transform of resistance measured at 20 kHz. C. SNR, computed as the average of 5 successive 
resistance measurements divided by their standard deviation as a function of number of samples (N) and 






Figure C19. In vivo noise A. Optical images illustrating no deformation (left) and extreme deformation 
(right) of sensor on skin. B-D. Temperature fluctuations measured as a function of time (B), frequency 
(C) and as normalized power spectral density (D) on a stationary subject. E-G Same as B-D on a 






Figure C20. Prevention of delamination during extreme deformation via adhesive design Optical 
images of silicone adhesive, with E ~ 100 kPa and qadhesion=160 N/m with tape frame on the wrist 






Figure C21. Effect of near-surface blood vessels. (ΔTsensors/Tactuator) (A) and 
(Tdownstream+Tupstream)/2Tactuator  (B) measured in the presence of phantom blood flowing through adjacent 
tubes in co-flow (+x) and counter-flow (-x) configurations, for two values of hskin, 1.1 mm (black curve) 






Figure C22. Wired and wireless data acquisition and control systems (DAQ). Optical images of 






Figure C23. Wireless control via smartphone. Series of images showcasing wireless embodiment 
under IR camera, with control smartphone and PC with IR-logging software in background, and wireless 
pairing and on-demand actuation using commercially available smartphone. These images are taken 






Figure C24. Wired DAQ used in clinical trials. Images acquired inside patient room showing entire 






Figure C25.  Raw in vivo data In-vivo Tactuator (blue curve), Tuptream (black curve) and Tdownstream (red 
curve) measurements as a function of  time over on-shunt locations with low anisotropy, no anisotropy 






Figure C26. In vivo measurements of skin thermal propertiesA. Representative transient 
measurement of Tactuator for the off-shunt location, and transient plane source (TPS) curve fit to yield the 






Figure C27. Measurements made over external ventricular drain (EVD). Tactuator measurements on 
external ventricular drain as flow is varied by raising height of reservoir bag (not shown), thereby 






Figure C28. In vivo measurements of skin thickness made via radiographic and Ultrasound 
imaging. Ultrasound (patient 2) and CT (patients 3,4) images on patients over location of device 
mounting, with accompanying skin thickness measurements. Software-based measurements are available 
on CT images on patients 3 and 4, while the catheter (OD = 1.5 mm) serves as the scale bar for the 





Quantity Units Range/Value Measurement 
kskin W m-1 K 0.30-0.50 In vivo with epidermal 
transient plane source 
αskin mm2 s-1 0.07-0.15 In vivo with epidermal 
transient plane source 
Hconvection W m-2 K 6-25 In vitro, fitting to model 
kCSF W m-1 K 0.5-0.6 Known a priori 
αCSF mm2 s-1 0.13-0.16 Known a priori 
kCatheter W m-1 K 0.22 Known a priori 
αCatheter mm2 s-1 0.12 Known a priori 
hskin mm 1.5 Radiological and acoustic 
imaging, transient thermal 
measurements 
IDcatheter mm 1.0 Known a priori 
ODcatheter mm 1.5 Known a priori 
 
Table C1. Table of thermal and geometrical quantities required for quantitative measurement of 























36 F Y N Y Y1 N
2 Chiari I 
malformation
53 F N Y N/A N/A N
3 Glioblastoma 
multiforme
32 M N Y N/A N/A N
4 Glioblastoma 
multiforme
58 F Y N Y Y2 N
5 Post-
hemorrhagic
30 F Y Y N/A3 Y4 N
1.    Patient had v isualized kinking in the neck region on X-ray  post initial surgery  and clinically  
deteriorated the morning af ter initial shunt placement. Radionuclide shunt study  showed aberrant 
distal f low.
2.    Patient deteriorated post-surgery  and was f ound to hav e sev ere stool burden on abdominal 
CT. Af ter bowel regimen administered, patient clinically  improv ed and sensor readings v alidated 
resolution of  pseudoobstruction.
3.    Dev ice was inadv ertently  destroy ed during f inal testing and postoperativ e readings were 
unable to be obtained. Patient was noted to hav e changes in f low pattern with inspiration and 
expiration corresponding to low drainage rate seen in OR due to concomitant distal and partial 
proximal obstructions.
4.    CT scan demonstrated interv al v entriculomegaly ; radionuclide study  demonstrated aberrant 
f low patterns; X-ray  and abdominal CT demonstrated catheter malpositioned extraperitoneally




Patient ΔTsensors/Tactuator σ ?̅?sensors/Tactator σ Trial Notes 
1 
0.0158243 0.005777 0.365 0.0106 




0.028321 0.008057 0.222 0.0098 




0.2093394 0.021081 0.2916 0.0052 




0.0020478 0.042475 0.2612 0.0148 




0.0084 0.0057 0.2676 0.0106 
Off Shunt Functioning 
Shunt 
2 
0.0518 0.0072 0.2289 0.011 
On Shunt Functioning 
Shunt 
3 
-0.0059732 0.001808 0.1601 0.003 
Off Shunt Functioning 
Shunt 
3 
0.0950298 0.003508 0.1815 0.0141 
On Shunt Functioning 
Shunt 
4 
-0.0061537 0.010499 0.2104 0.0079 
Off Shunt Functioning 
Shunt 
4 
0.0603105 0.00492 0.3 0.0058 
On Shunt Functioning 
Shunt 
4 
0.1009913 0.009832 0.2247 0.0086 




0.000963 0.033035 NA NA 
Off Shunt Malfunction 
with Flow 
5 
0.1392 0.0146 0.3297 0.023 
On Shunt Malfunction 
with Flow 
 







































Problem Discovery Solutions 
Skin adhesion During initial patient trials, factors including cleanliness of 
skin, multiple device uses and patient movement resulted in the 
delamination of initial device iterations. 
A device enclosure was constructed to work in tandem with a 
clinical grade, skin safe adhesive. The use of such adhesive 
prevented minor delamination and was viable for 10 attempted uses 
in a subsequent trial. The enclosure gave weight to the device and 
prevented errant movement with patient volatility, and 
delamination was minimized by sizing the enclosure to be larger 
than the area covered by the adhesive treated sensor.  
Motion artifact Normal and abnormal patient movement in an initial study 
resulted in aberrations in captured heat data.  
AFC cables present a likely source of motion related noise. The 
wireless iteration of the device combined with subtraction 
algorithms and a narrowed accepted data range (given the obtained 
sample and future data) have and will continue to refine and 
eliminate this artifact. 
Ease of handling The initial trial saw a great deal of difficulty in device handling 
for the surgeon. Due to the adhesive involved, manipulation 
with gloved fingers was difficult. Excess traction put on the 
device and its elements led to poor performance both in terms 
of lamination and noise artifact engendered. 
The device enclosure ideated resulted in a PDMS device frame 
designed to aid handling by the diagnostician. This not only reduced 
glove related device manipulation but facilitated swift application 
minimizing patient discomfort. Devices were more robust and 
performed admirably through periods of over 10 trials. 
Alignment Precise alignment of the sensor to the skin overlying tunnelled 
distal shunt catheter was occasionally difficult when attempting 
to approximate its center. 
Winged attachments and central lines on the enclosure were 
designed on subsequent device iterations. These improved most 
applications from multiple attempts at placement to initial success 
in all subsequent trials. The winged attachments also had an 
unintended benefit to device handling. 
Vasculature Patients with prominent clavicular veins and superficial arterial 
branches adjacent to underlying shunt tubing were suspected of 
possible contamination. 
Benchtop experiments simulated flow rates in shunts, venous and 
arterial sytems with varying flow experiments were conducted with 
a fluid injector into multiple caliber tubes.  
Skin Thickness The depth of tunneled distal shunt catheters was suspected to 
differ among patients with varying habituses.  
Benchtop experiments, radiographic data and the academic 
literature were consulted in the resolution of this important 
question. Anecdotally, over 10 surgeons stated that based on feel 
and experience alone, shunt catheters were likely 1-8 mm under the 
skin. Further experiments demonstrated sensor performance to a 
depth of 6 mm. Measurements shunt catheter to surface distance of 
available computerized tomography scans of patients was also 
performed, with an average total thickness of subcutaneous tissue 
overlying the distal catheter of 1.52 mm. Finally, a comprehensive 
literature search was performed. Established factors including total 
soft tissue to bony protuberance distance to skin (under 2 mm),  
 
Table C5. Table summarizing technical challenges and key advancements over the course of 






Figure S1.  
Modality Cost Time 
(min) 
Sensitivity Specificity PPV NPV 
X-Ray 440 84 4-26% 92-99% 13 93.9 
CT 1323 83 54-80% 80-90% 71 90.8 
MRI 3239 115 40-62.8% 84-92% 75 86.5 
RSPS 750 45 47-65% 86-92% 71 71 
ShuntCheck Unknown 6 80% 100% 58 96 
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